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Introduction 

This conference addresses rapidly changing medical technology regarding energy 
applied to tissue for treatment or controlled ablation. There are many factors driving the 
changes in medical procedures. Four of the important factors are listed below: 

1) Managed Care. A strong drive to reduce patient care costs is causing a push for 
minimal hospital stays, minimal procedure costs, and minimal recovery time. 
Obviously, the minimal hospital stay is zero days, so office-based procedures are 
beginning to replace surgical procedures. 

2) Media. The media announce new procedures as they occur, with the result being 
nearly instant publicity around the world. This fast dissemination of information has 
patients inquiring about a new breakthrough procedure the same day that it is 
performed. 

3) Patients. Patients have become very savvy and up-to-date on medical therapy and 
new procedures and treatments. They get much information from the Internet. Any 
treatments that replace surgery and are office-based will create immense patient interest. 

4) Advancement of Technology. The plethora of new procedures and therapies stems 
in part from innovative thinking on the part of engineers and physicians, and also 
advances in technology that include robotics, computer-controlled treatment, and 
thermal therapy. 

Surgical procedures have also rapidly advanced in the last few years. Many surgeries 
have converted to laparoscopic procedures that, instead of a 15-cm incision, utilize 
small 5- to 10-mm incisions as entries or ports for long, slender instruments, all guided 
by an endoscope. Some of these procedures are moving from 5- to 10-mm ports to 2- 
to 3-mm ports. Even less invasive are the percutaneous procedures that are performed 
by interventional radiologists. These are guided by fluoroscopy, CT, MR, or ultrasound 
to achieve localization in an organ or disease site. Once access is achieved, some kind 
of treatment procedure can be performed, such as ablation, inserting a stent where there 
is blockage or obstruction, or doing a balloon procedure. 

The following are the three key factors driving the advanced procedures: 

1) Access. With the advent of steerable scopes that can be navigated deep into the body, 
new types of access are evolving. These scopes carry operating channels that allow 
instruments such as forceps, snares, probes, or needles to be used once the scopes are 
in place. 

2) Imaging. The scopes mentioned above allow visualization and guidance deep into 
organ structures. Other procedures are guided by external imaging, such as CT, 



ultrasound, or MR, that allow deep-tissue visualization in any plane. Imaging and 
visualization of a probe or device inserted percutaneously provide the clinician with a 
powerful combination to access and perform a medical procedure deep in the body. 

3) Treatment. Once imaging and access bring the clinician to the disease or target site 
in the body, the next logical step is to provide a treatment that will obviate the need for 
surgery. In this regard, current techniques involve thermal treatment utilizing 
microwaves, ultrasound, rf, cryoablation, or lasers. However, to fully utilize the 
treatment access and treatment, a noninvasive imaging technique for temperature and 
an assessment of the treatment site for extent of coagulation necrosis are necessary. 

Medical science has certain future directions that are already being embarked upon. 
One of these is less organ removal, choosing to treat rather than remove. Many surgical 
procedures have now become office-based, with some patients coming forward for 
treatment who previously did not want a surgical procedure. These patients will often 
suffer with discomfort until a minimally invasive procedure comes along. Some of these 
advanced procedures are computer controlled and rely increasingly less on operator 
skill. In addition, they assess how the treatment is progressing. Real-time diagnostics 
will be a real boon to endoscopic procedures that will allow the three-prong attack on 
disease: endoscopic guidance to the target site, optical diagnosis for tissue 
characterization, and therapy to ablate the suspicious areas. 

The conference covers many of the advanced topics listed above, including treatment 
of the prostate and endometrium layer of the uterus with nonsurgical thermal treatment 
using rf, ultrasound, and microwaves; minimally invasive catheter access treatment of 
the heart using cryotherapy and microwaves; and several clinical applications of extra- 
corporeal focused ultrasound. An interesting batch of presentations utilizes modeling 
to design instruments by simulating tissue effects with a certain instrument geometric 
configuration. Image-guided therapy is examined, as well as image-guided tissue 
characterization following ablation treatment. Ultrasound and MR are presented as 
viable, noninvasive, temperature evaluation modalities in real time. 

These advances capture the state of the art of current applications using the most 
advanced imaging techniques. 

Thomas P. Ryan 
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Prostate Thermal Therapy With Interstitial And Transurethral 
Ultrasound Applicators: A Feasibility Study 

Chris J. Diederich » Will H. Nau » Dana L. DeardortT» Ismail S. Khalil-Bustany » 

Everette C. Burdette b Paul R StaufFer * and Max Wu » 

a University of California at San Francisco, Radiation Oncology Department 
San Francisco, CA 94143-0226 

0 Acoustic MedSystems, Champaign, IL 61820 

ABSTRACT 

Ttermrporeoftlnastudywastodetenmnette 
implantable ultrasound applicatois for inducing thenusl coagulation and neaosis of localized cancer lesions or BPH within 
the prostate gland. Theconcept being evaluated is die potential to treat target zones in the anterior and baenl portions of the 
prostate with the transurethral applicator, while siimltancooriy treating regions of extncapsular extension and zones in the 
posterior prostate with the directive mmlantabtearM^icatonmco Biothermal computer 
simulations, acoustic characterizations, and In vivo thermal donmetry experiments were used to evaluate the performance of 
each applicator type and combination thereof. The preliminary results of du investigation demonstrate that implantable 
ultrasound applicators, in combination with a transurethral ultrasound applicator, have the potential to provide thermal 
coagulation and necrosis of small or large regions within die prostate gland, wink sparäujthermaty 

Keywords: Ultrasound, Transurethral, Interstitial, Thermal Therapy, Prostate, Hypothermia 

1.      INTRODUCTION 

Benign prostatic hyperplasia (BPH) [1, 2] is a common affliction in males which often requires surgical intervention 
(transurethral resection) to reduce symptoms such as urinary outflow obstruction Adenocarcinomaofthe prostate is the most 
commonly diagnosed cancer in the U.S. male population, and is typicalh/treated by radiotherapy, sur^ 
and/or chemotherapy.  Due to the older age and often serious coexisting medical problems in many of these patients, 
alternative forms of minimally invasive therapy are being investigated which have lower risks and complication rates than 
current standard therapies. Thermal therapy with intracavhary, interstitial, and external heating metlrä 
investigated for use as a minimally invasive alternative for nngeiy in the üatmai af benign and cancerous disease  Some 
of the most prolific envelopments of this technology have been in the treatment of benign prostatic hyperplasia. 
Transurethral transrectaL and transperineal mtentitiil apnttatjoa« of eaagy hi« htum tmnifnynt^ to thermally destroy 
tissue regions surrounding the urethra as an alternative to surgicsl transurethral re Heating modalities commonly used 
for prostate thermal therapy include microwaves[3,4], lasersf.5], RF currents[6] and uttnsound[7]. Some other examples of 
minimally invasive thermal therapy m lieu of surincal resection iridndetreatmem of fa 
MW antenna[9]; brain tumors with interstitial laserflO, 11], microwave antenna [12], and RF needtes[13]; prostate cancer 
with focused uttrasound[14, IS]; breast fibromas win MR-guidcd focused ultrasound [16] and breast cancer with interstitial 
lasers [17]. 

The objective of this study was to determine the feasibility of combining a multielement transurethral ultrasound applicator 
[18] with a small number (2-3) of miniature multielement implantable ultrasound applicators [19-21] for the application of 
thermal therapy in treating prostate cancer and BPH. Computer simulations, laboratory measurements, and thermal 
dosimetry measurements with in vivo canine prostate models were employed to evaluate the performance and establish the 
feasibility of this combination approach 

Further Author Information^ 
CJ.D. (correspondence): Email: diederic^adonc 17.ucsf.edu; Tel: (415)476-6132; Fee (415) 502-5175 
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Ablative Ultrasound Needle 
(Transperineal Insertion) 
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Ablative US Needles 

Sub-Therapeutic 
Temperature Controlled Water 

Fig. 1.   Generalized schema of combined transurethral plus interstitial ultrasound applicators for prostate thermal therapy. 

2.      DESCRIPTION OF COMBINATION THERAPY 

The transurethral multielement ultrasound applicator consists of tubular sections of piezoceramic radiators, each with 
independent connections to accommodate separate power control, which generate acoustic or heating energy which is emitted 
radially from the length of each segment. The power deposition along the length of the applicator is adjustable, to tailor the 
heating distribution to fit the prescription within the intended target region. The beam distributions from tubular radiators are 
modified to minimize overheating and damage to rectal tissue compared to current microwave technologies. The ultrasound 
applicator is inserted within a multi-lumen catheter delivery system, which allows circulation of temperature regulated water 
to control the urethra/catheter interface temperature. This design was initially developed for treating BPH via urethral 
heating alone[18]. 

The basic design schema for implantable ultrasound applicators follows that determined from earlier work developing direct- 
coupled interstitial ultrasound applicators designed for simultaneous delivery of hyperthermia (41-45°C) and radiation cancer 
therapy [20]for brain tumors, and more recently adapted for thermal therapy [21]. The applicators consist of an array of 
tubular ultrasound transducers, with miniature thermocouple sensors placed on the surface to monitor the applicator/tissue 
interface temperature during therapy. The outer surface of the transducers are coated with a biocompatible layer of electrical 
isolation along the entire length of the applicator. The number, lengths and frequency of the transducer elements are dictated 
by the clinical situation (intended target size and prescriptions) and can be fabricated accordingly. 

A generalized schematic of this combination "transurethral plus interstitial thermal therapy" heating scheme is illustrated in 
Fig. 1. The multiple heating elements along each implanted applicator (ultrasound needles) and transurethral applicator, each 
modified to be angularly directive, may be independently power controlled to localize and dynamically control thermal dose 
distributions within the target volume. The treatment goal is to deliver thermal doses greater than 250 EM43°C and 
temperatures greater than 48-50°C to generate coagulation and thermal necrosis of the target tissue [22, 23]. This 
combination approach should permit highly controlled spatial and temporal treatment delivery, permitting maximization of 
thermal dose to the target tissue while simultaneously minimizing interaction with sensitive normal tissue (bladder, rectal 
mucosa, sphincters). 

BIOTHERMAL SIMULATIONS 

An existing treatment planning program developed for interstitial thermal therapy [32,33] was modified for the thermal 
dosimetric evaluation and design feedback of these two types of multielement ultrasound applicators. This program uses CT, 
MR, or TRUS images to generate acoustic and biothermal models based upon the anatomy of the target region. A minimax- 
based optimization sequence is used to automatically determine applicator placements and power levels which produce 
optimal heating distributions (i.e., those that conform the tightest to prescribed thermal distributions within the target region 
and surrounding normal tissue). This program was modified for our specific case of prostate thermal therapy to include (i) 
new acoustic models to account for the angular or directive beam distributions for both transurethral and implantable 



applicators, 01) optimization of transurethral power levels and position and power for interstitial ablative needles at higher 
temperature thresholds, (Iti) temperature regulation/control of the rectal tissue via the rectal obturator. Accordingly, an 
anatomically correct Two-dimensional finite element model was constructed from a transverse MR image at mid-gland of the 
prostate to become our "standard" model. A series of forward-planning biothermal computer simulations, based upon the 
bio-heat transfer equation [24], were used to establish performance characteristics of various configurations of the 
implantable and transurethral ultrasound applicators, either alone or in combination 

Fig. 2 a-b is a comparison of the 180° and 270° sectored transuretnralapptkaton,eachwiw35°Curethid 
rectal cooling via a rectal obturator. Transurethral applicators with 180° sectorir^ are nwre effectrve f(g heating the anierior 
portion of the prostate to therapeutic temperahiies (>48"Q, and applicators with 270° sectoring can effectively extend 
heating into the lateral regions as wett. Fig 2c-d am thermal distributions for the 180° and 270° transurethral applicators, 
respectively, in combination with time 180* sectoied inailantabfc arjf>fraton 
the active sectors directed away from the rectal walL The directive implants and rectal cooling allow effective heating of the 
posteriorrx>itionoftiwglandtowithm3-5mmofthere(«dwan. madditfon,tneseshnolations (Fig. 2.e) have demonstrated 
that effective isolation of the heating patterns to tte posterior prtion of die glaiid can ato 
180° sectored implantable applicators and transurethral cooling (35°Q only.  The optimization portion of die planning 
program was used to determine applicator positions and initial power levels required to best attain a given thermal 
prescription (i.e., target >48°C and rectal <43°Q, as shown in Fig. 2t for an implant with seven implantable applicators 
(360° active sectoring). 

4.     APPLICATOR CONSTRUCTION A ACOUSTIC PERFORMANCE MEASUREMENTS 

Transurethral applicators were fabricated, using three tubular transducers (each 6 mm long, 2.5 mm OD) attached to form a 
segmented array, following the derigninitialry develop for treating BFHvmmeth^ Each transducer 
was modified for an 180° active sector. Measurements of the acoustic output power from these tubular transducers has 
demonstrated acoustic efficiencies typically between 50-60% and that sufficient acoustic power levels are attainable (>15 
acoustic W per tube). Furthermore, acoustic beam measurements have verified that the energy deposition is coUimated to the 
axial dimensions of each transducer segment, and mat the angular ercrgy ratttem follows what is expected for a 180° active 
sector (Fig. 3.a). 

Direct-coupled interstitial applicators specific for tins combination ablative therapy [20,21] were constructed using 1.8 mm 
piezoceramic (PZT-4) tubular transducers. The outer diameter of 1.8 mm was selected to maintain applicator dimensions 
similar in size to 14-gauge needles. The tabes were sectored to form a 180° electrically active portion Single junction 
constantan-manganin thermocouple sensors were |>laced over the ceister of each transducer, and tlie^ 
thin layer of biocornpatible epoxy and tubing. A family of applicators was constructed, consisting of single-element devices 
with 10 mm or 6 mm long transducers, and two-dement devices using 10 mm long transducers. Acoustic output power 
measurements demonstrated these sectored 1.8 mm OD direct coupled applicators were 45-50% efficient at approximately 7 
MHz, and were able to sustain performance with 10 W applied electrical power and approximately 4.5 W acoustic power 
cutout without self-destruction The rotational beam puts have demonstrated that the acoustic fields emitted by each 
transducer segment are coUimated and confined within the axial transducer boundaries, are fairly uniform in the 
circumferential direction, and the fields can be shaped (Fig 3.b). 

5.     MVIVO THERMAL DOSIMETRY 

Experiments were conducted in the prostate glands of three large dogs (25-30 kg) to examine temperature distributions and 
corresponding thermal damage attainable with the final applicator designs. In general, animals were anesthetized with 
intravenous administration of Ketamine (5 mg/kg) plus vahum (0.25 mg/kg) and maintained at a surgical state of anesthesia 
throughout all procedures with isoflourane and oxygen. The prostate gland and bladder were exposed via a suprapubic 
incision. A plastic thennometry template was placed over the antertor surface of uw prostate, arid 20 Gtlenriometiy needles 
were placed laterally and/or anterior-posterior in a mid-glard transverse r^lane, derjendmg on t^ set-up. Two types 
of custom thennometry probes, consisting of six-junction constmrtan-manganm thermocouple sensors (0.025 mm wire) 
spaced 4 mm apart and encased within fused silica tubing (FS sensors) or four-junction thermocouple sensors spaced 3 mm 
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Fig. 2. Thermal dosimetry characterizations of transurethral and implantable ultrasound applicators, either in combination or 
alone, using biothermal simulations and minmax based optimization of power and position. 



(A) Transurethral Applicator, 3 Element, 180 deg. Sectors 
Element #1 Rotational Beam Plot at 8 mm Radial Depth 

(B) Implantable Ultrasound Applicator 
1.8 mm OD x 10 mm long, 180 deg. Active Sector 

Fig. 3. Rotational beam plots in degassed water measured at a radial distance of 8 mm for (a) a single element of a 3-element 
transurethral applicator and (b) an implantable applicator. 



apart and encased within polyethylene tubing (PE sensors), were placed within these thin-walled 20G spinal needles. This 
arrangement reduces the temperature measurement error due to ultrasound absorption artifact [44] and thermal conduction 
[45] errors. The transurethral applicator within the water-cooled delivery catheter was placed through an incision in the 
bladder into the prostate gland, while the implantable ultrasound needles were placed posterior to the urethra from base to 
apex. Placement of heating applicators with respect to the tissue thermometry catheters was verified with localization scans 
using a transrectal ultrasound imaging system. Additional thermometry needles were placed within the surrounding rectal 
tissue. Temperatures were monitored using a 56 channel thermocouple system which was calibrated immediately prior to 
each procedure. The ultrasound applicators were connected to a 32 channel RF amplifier system (Advanced Surgical 
Systems, Boston) which automatically monitors forward and reflected power levels to each channel. Following the series of 
dosimetry experiments, the animals were euthanized via intravenous injection of sodium pentobarbital (200 mg/kg) without 
waking from anesthesia. These procedures have been approved by the Committee on Animal Research at UCSF (UCSF 
Protocol Approval #A1143-02006-07 on 9/96), which is an IUAUC approved institution The following series of specific 
experiments were performed using these general procedures. 

Study l! The goal of this experiment was to directionally heat in the right lobe and anterior regions of the prostate. The 
transurethral applicator (3 elements, 180° active sectors, @6.4 MHz) plus delivery catheter was positioned within the 
prostatic urethra so that the active portion was centered mid-gland (thermometry plane) and aimed anteriorly. The circulating 
degassed water was set to 35°C with a flow rate of 200 ml/min. A multiple element implantable applicator (2 elements, 180° 
active sectors, @ 7.0 MHz) was placed freehand in the right lobe of the prostate, with the active portion of the tip transducer 
directed anteriorly and to the midline, and lined up with thermometry sensors. Thermometry probes (20 G needles + 
thermocouple sensors) were placed through the template, anterior to posteriorly. The experimental setup is illustrated in Fig. 
4a,b. The approximate dimensions of the gland were 3 cm apex to base, 2.5 cm x 2.5 cm in the transverse plane at mid-gland. 
The transrectal imaging probe, modified for rectal cooling at 35 °C, was kept in place during the experiment. The RF power 
was applied for 15 minutes to the applicator combination: Approximately 2.5 W was applied to the interstitial element, and 7 
W to each transurethral element for the first ten minutes, then power was raised to 12 W per transurethral element for the 
remainder of the heating. At 15 minutes heating time, the PE temperature probes (4 sensor, 3 mm spacing) were mapped 
within the needles to sample a total length of approximately 18 mm. The resulting temperature profiles along each needle 
track are shown in Fig. 4b. After the procedure the prostate gland was removed, fixed in formalin, and prepared and stained 
for histological mounting with Hemotoxylin and Eosin (H&E) standard staining techniques. The histological cross-section of 
the central heating plane is shown in Fig. 4c. Post experiment the applicators were inspected for damage and found to be 
operating normal without damage. Results clearly demonstrate that each component (applicator) contributes to heating, 
combination is effective, necrosing and coagulating temperature rises are achieved quickly, and that applicators can produce 
enough power. Note the preferential heating to the anterior and right lobe of the prostate as evidenced from mapping data. 

Study 2: The purpose of this experiment was to determine the heating characteristics of the directive interstitial applicators 
when used alone. The prostate was isolated as above, and measured 3.5 cm wide x 2.5 cm apex to base. Six thermometry 
probes (20 G needles + FS sensors with six junctions spaced 4 mm apart) were placed in the prostate using a plastic template: 
two probes were placed laterally through the heating zone, and four were placed anterior to posterior. Two single element 
interstitial applicators (1.8 mm OD x 10 mm long, 180 ° active sector) were placed in the posterior portion of the prostate 
gland, one in each lobe, and aligned with the mid-gland. The 180° active regions were directed midline. The experimental 
setup is demonstrated in Fig. 5a,b. For trial 1, 2 W RF power was applied to the applicator in the left posterior region of the 
prostate for a total of 10 minutes. After 20 minutes to allow the temperatures to return to baseline, 2.5-3.0 W of RF power 
was applied to the second applicator in the right posterior portion of the prostate for a total of 15 minutes. The peak 
temperatures are shown in Fig. 5b. The histological cross-section and whole mount corresponding to the central plane are 
shown in Fig. 5c. These results clearly demonstrate the directive nature of single implantable applicators, which produce an 
acute thermal damage zone extending up to 8 mm in the center of the active zone, with little extension behind the applicator. 
Both the 10 and 15 minute sequences produced effective heating patterns. 

Study 3: The purpose of this experiment was to determine the extent of thermal damage from the combination of two 
implantable needles in combination with the transurethral applicator. The prostate was surgically isolated as above, and 
measured 2.5 cm x 2 cm. The prostate was lifted while two implantable applicators were placed in the posterior portion of 
the gland, one on each side. Each of these applicators consist of a single 1 cm long x 1.8 mm OD transducer with a 180° 
active sector and operated at 7.2 MHz. The transducer portion of the applicators were aligned with the mid-gland transverse 
plane, with the 180° active regions directed midline. The transurethral applicator and delivery catheter were inserted through 
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Fig. 5. In Vivo canine prostate study 2, evaluating two implantable applicators, each directed toward the midline, operated 
at different power levels and heating times: (a) picture of experimental setup; (b) maximum temperatures and their 
approximate positions as measured during both heating trials; and (c) histological cross-section of the prostate with 
approximate zones of coagulation outlined. 
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the bladder neck into the prostatic urethra, and the active heating portion (20 mm) was aligned with mid-gland. The 
thermometry template and thermometry needles/sensors were placed through this transverse plane similar to procedures used 
in Trial 2 study. A picture of the experimental setup is shown in Fig. 6a. The implantable applicators were driven with 3 W 
RF power, and each of the three elements of the transurethral applicator were driven with 12 W, for a total therapy time of 20 
minutes. The temperature distribution after 20 minutes of heating and the resulting histology is shown in Fig. 6b-c. The 
results of this study reaffirmed that this combination of therapy applicators is a feasible technique for controlled directional 
thermal therapy to effectively ablate large regions of the prostate. 

6.      SUMMARY 

This preliminary study has demonstrated that using implantable ultrasound applicators in combination with a transurethral 
ultrasound applicator provides directive thermal coagulation and necrosis of small regions within the prostate gland or the 
entire gland, while sparing thermally sensitive rectal tissue. The transurethral applicator can effectively treat target zones in 
the anterior and lateral portions of the prostate, while the directive implantable applicators in combination with a rectal 
cooling bolus can simultaneously treat regions of extracapsular extension and zones in the posterior prostate. These initial 
findings are positive, and provide the rationale for continuing investigations into the combination of these devices for thermal 
therapy in the treatment of benign and cancerous disease. 
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Investigation of directional interstitial ultrasound applicators for 
thermal coagulation of tissue 

William H. Nau,   Chris J. Diederich, Paul R. Stauffer, Dana L. Deardorff 

Department of Radiation Oncology 
University of California, San Francisco 94143-0226 

ABSTRACT 

Direct-coupled and catheter-cooled interstitial ultrasound applicators have been evaluated for thermal necrosis of small, 
localized tumors. Emphasis of the design criteria has been on directionality of power deposition and the corresponding tissue 
heating Ultrasound applicators have been fabricated using piezoceramic tubes operating at approximately 7 MHz. The 
applicators have full 360° active acoustic zones, or are sectored to provide different angular heating patterns. The applicators 
were characterized through acoustic power output measurements, beam profile distributions in water, thermal distribution 
measurements in an in vitro perfused kidney model, and in vivo thermal dosimetry in porcine thigh muscle. Bench tests 
demonstrated that high power output levels could be sustained in both the direct-coupled and catheter-cooled devices without 
degradation of the ultrasound transducer. The angular power depositions obtained in water were closely correlated to the 
resultant temperature distributions measured both in the in vitro kidney and in vivo experiments, thus demonstrating the 
ability to shape the beam profiles for controlled, directional ablation of tissue. 

Keywords: Ultrasound hypothermia, thermal ablation, interstitial, prostate, tumor 

1. INTRODUCTION 

Over the last decade, advances in heating technology have stimulated research in the field of hyperthermia, and thermal 
therapy for treatment of localized, deep-seated tumors. One method of tissue heating is through the use of implantable 
energy sources. Although more invasive than external heating methods, interstitial techniques localize the heating to the 
targeted volume, providing greater control over tumor heating, and sparing the surrounding healthy tissue1. Interstitial 
devices have been developed using if, laser, microwave, or ultrasound energy to heat tissue for either hyperthermia treatment 
in conjunction with radiotherapy or chemotherapy, or for thermal ablation2. Of these devices, ultrasound devices offer 
several advantages over the other modalities. Some of these include the ability to heat larger volumes of tissue due to 
penetration of ultrasound energy in tissue, and control of heating along the length of the applicator by controlling the power 
to individual transducers in multi-element configurations1. 

Recently, interstitial ultrasound applicators have been described for simultaneous thermobrachytherapy3. These devices 
consist of a segmented array of tubular piezoceramic transducers that can be implanted directly into the tissue, and were able 
to heat a 1-1.5 cm region radially surrounding the applicator. These applicators were also designed to accommodate radiation 
seed implants. Interstitial ultrasound applicators with integrated water-cooling have also been evaluated for hyperthermia 
applications4. An advantage of the catheter-cooled applicators is that the peak temperature is displaced radially, away from 
transducer surface, thus increasing the depth of thermal penetration. 

The feasibility of using both direct-coupled and catheter-cooled interstitial ultrasound applicators for tissue ablation has 
also been established3. These applicators were able to generate therapeutic temperatures at radial distances greater than 1 cm 
away in perfused tissues within 5 minutes of heating 

In this study, modified versions of the direct-coupled and catheter-cooled interstitial ultrasound applicators were 
investigated to ascertain the capabilities of directional power deposition, and the resultant tissue heating Prototypes of both 
types of applicators were fabricated with directional power deposition patterns and evaluated through bench tests, and in vitro 
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dad In vivo experiments. Results revealed that beam profiles could be shaped to provide angular control of tissue ablation 
which may be beneficial for preferential treatment of small, localized lesions in the prostate. 

2. APPLICATOR FABRICATION «ft PERFORMANCE CHARACTERIZATION 

Direct-coupled applicators were fabricated using 1 cm long cylindrical piezo-ceramic crystals with a 2.2 mm outer 
diameter. These were mounted on stainless steel tubes to provide structural support, and a bio-inert plastic outer layer was 
applied for electrical and biological insulation (Figure 1). A single-sensor constantan-manganin thermocouple was 
embedded in the coating on the transducer surface to monitor die transducer-tissue interface temperature. This allowed 
feedback control of the power supplied to the transducer element 

Diroct-Caaploo) Applicator 

Trant duct r Power Loadi and 
Thar« ocoupI« Wirt 

Biocoa patibl« plastic coating 

Catkotor Ccolod Applicator   *■«« ^».»lotion 
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Tramducoi :»{»«l.t 

Pow or Loadi 

Figure 1. Schematic of interstitial uhnsotmd applicators. 

Catheter-cooled applicators were febricated in the same manner as the direct-coupled applicators. However, the 
transducer elements were 1 cm long x 1.5 mm outer diameter to allow for insertion of the applicator into a 13 gage nylon 
catheter. A mating I^-lockfhtiiig was tightened 
which was then inserted into a nylon catheter and locked in place. A closed-circuit circulation system pumped degassed 
water through die lumen of die needle support, and collected return flow from die catheter. A bubble trap placed in line 
before the applicator removed any air bubbles. The temperature of the cooling system was controlled by a waterbam and heat 
exchanger. 

Directionality and shaping of the beam profile was achieved by making two longitudinal notches in the outer electrode 
surface. Power lead wires wen soldered to the inner and outer surf The 
region that did not receive power was effectively an acoustic dead zone. 

Applicators were evaluated in three ways. The first was a measure of the electrical impedance as a function of frequency 
to locate the peak resonance frequency. The transducer portion of the applicator was suspended ma tank of degassed water, 
and the power leads connected to a network analyzer (Hewlett Packard Modd #3S77A). The magnitude and phase of the 
electrical impedance were measured over a range from 5 to 10 MHz. Peak resonant frequencies and total electrical 
impedances were measured at 7.3 to 7.5 MHz and 69 to 79 Q for the 22 mm OD. transducers, and 7.1 to 7.4 MHz and 82 to 
138 ft for the 1.5 mm O.D. transducers. 
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The acoustic efficiencies (ratio of acoustic output power to the applied electrical power) were measured as a function of 
frequency using the force balance technique6,7 with a computer-controlled system. Measurements of the acoustic output 
power were made over the 6.5 to 7.5 MHz frequency range in increments of 100 kHz while maintaining the net applied 
electrical power at 2 W. The net applied electrical power was measured using a high power directional coupler (Werlatone, 
Inc. Model #C2625), and a two-channel power meter (Hewlett Packard Model #438A). Acoustic efficiencies ranged from 
32-57% for the direct-coupled applicators, and from 36-55% for the catheter-cooled applicators. No correlation between the 
measured acoustic efficiencies and sectoring angles were observed. The acoustic output power was then measured as a 
function of the applied electrical input power at the frequency exhibiting the highest acoustic efficiency up to 10 W forward 
power to determine whether the applicators would begin to fail at high power output levels. All applicators were able to 
sustain these high power levels with degradation to performance. 

Rotational scans of the acoustic pressure squared distributions emitted from the transducer were obtained in an acoustic 
scanning tank filled with degassed, de-ionized water with a calibrated needle hydrophone8. The voltages measured by the 
hyodrophone were squared and normalized to the maximum value. The hydrophone was scanned longitudinally in 0.25 mm 
increments with a computer-controlled stepper motor at a radial distance of 8 mm from the transducer surface. The 
applicator was then rotated 2.5° using another computer-controlled stepper motor, and scanned again. This was continued 
through full 360° rotation of the applicator thus producing a longitudinal-angular map of the acoustic pressure distribution 
(Figure 2). 

These beam plots indicate that the acoustic energy emitted from the transducers is collimated, and confined axially to the 
transducer boundaries. They also demonstrate the ability to shape the beam profile such that directional power deposition 
may be achieved. For the 360° transducers, the circumferential beam profile remains relatively uniform. The beam profile 
emitted from the 90° sectored transducers is also uniform across the acoustic active zone. For the 180° and 270° sectored 
transducers, a region of low energy output is seen. This could be due to near field diffraction, or to the vibrational behavior 
of the sectored regions. 

3. TEMPERATURE MEASUREMENTS IN AN IN VITRO KIDNEY 

Porcine kidneys were previously prepared using the alcohol fixation technique9. The kidney was placed in a water bath 
and maintained at 26 °C. A heat exchanger ensured that the water being pumped through the kidney was at ambient 
temperature. The applicator was inserted into the cortex of the kidney, and a four- sensor thermocouple (junctions spaced at 
0, 3, 6, and 9 mm) placed parallel to the applicator at a radial distance of 8 mm. With a setting of 0.5 W forward power, 
steady-state temperature was achieved in approximately 5 minutes. After temperatures were recorded, the applicator was 
turned 20°, and the system allowed to reach steady-state again. The process was continued until the applicator had completed 
one full rotation. 

Temperature changes from baseline were normalized to peak temperatures and plotted versus relative acoustic pressure 
squared values averaged along the longitudinal length of the transducer at each angle of rotation (see Figures 3 and 4). 
Regions of low acoustic pressure in the active zone did not produce low temperature changes, but rather thermal conduction 
and convection allowed for a more uniform temperature distribution at depth. 

4. MEASUREMENT OF IN VIVO TEMPERATURE DISTRIBUTIONS 

A 100-Ib. female pig was used to evaluate the performance of the applicators in vivo. Anesthesia was induced using a 
mixture of Ketamine HC1 (30 mg/Kg) and Xylazine (2 mg/Kg), then maintained with 1.5% Isoflourane after the animal was 
intubated and connected to a respirator. A 13 mm thick plexi-glass template was fixed in place on the inner thigh using 10 
gage stainless steel needles to ensure alignment of the thermometry probes and the applicator. Eight 20 gage needles were 
spaced at 45° intervals at a radial distance of 8 mm from the applicator surface. Thermocouple probes consisting of 4 sensors 
at 3 mm spacing were inserted into the spinal needles for thermal mapping10,11 

A computer controlled 32 channel amplifier with independent frequency, modulation sweep, and power control 
(Advanced Surgical Systems, Inc.) was used to drive the applicators with a net electrical power of approximately 2.5-3.0 W. 
Temperature data were recorded every 5 seconds using a data acquisition system. The applicators were on for 15 minutes 
until steady-state was achieved. Temperature was then monitored for 5 minutes after power was discontinued, as it decayed 
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Figure 3. Superimposed average beam distribution, in vitro temperature distribution, and in vivo temperature distribution for 
180° direct-coupled applicator. 
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back to baseline values. The template was then moved to a fresh location and another applicator was tested Two applicators 
were evaluated in only two animals. ^^ 

Steady-state temperatures recorded by the middk two sensors on each thermocouple probe (centered along the axis of 
die transducer) were averaged and normalized to their peak temperatures. These were dien plotted and compared to the in 
vitro temperature measurements, and the beam distribution measurements (Figures 3 and 4). The resulting heating pattern 
was again closely correlated to the beam distribution, and also to the heating pattern measured//iviTro. 

In vivo temperature measurements in die porcine thigh muscle confirmed the measurements collected in the in vitro 
experiments.   Again, an angular heating pattern was achieved, and was closely correlated to the emitted beam profile 
measured in water.   Regions of tow power output from die transducer were not evident in the measured temperature 
distributions, indicating mat thermal conduction and dieimal convection act to smoou om the peaks and valleys s^ 
beam plots thus providing a more uniform temperature distribution in the targeted region 

Although no power is emitted from the acoustic dead zone of die transducers, tissue heatmg m diat legkm sdU oconred 
due to thermal conduction from the transducer. Poor acoustic efficiency of the transducer results in the conversion of 
electrical power to heat, which is men dissipated away from the applicator via thermal conduction. This effect was more 
noticaWe with the direct-coupled applicators, although die temperature rise in tissue adjacent to the dead zone was 
insufficient to cause unwanted necrosis. An advantage of the cathetv-ccoled devices is that the circulating water carries heat 
away from the transducer surface. This reduces tissue heating in the dead zone, thus further acting to protect non-targeted 
tissues. Thus catheter-cooled applicators may be inserted between a tunior and acfiacent healthy tissue to selective^ 
tumor, while simultaneously protecting the liealthy tissue from diermal damage. Additional investigations on the parameters 
that affect die heating characteristics of the calfaeterKX)oledclevices are cuneotly underway. 

5. SUMMARY 

A femily of interstitial ultrasound applicators was mbricated in both direct-coupled, and catheter-cooled configurations 
with sectored transducers to provide controlled angular heating Applicators with 90°, 180°, 270°, and 360° active acoustic 
zones were constructed and evaluated based on acoustic efficiency, acoustkpetwer output, and anguWheatmgcharacterisncs 
through bench, to vröu, and invivo experiments. The results of this study demonstrate the ability to shape the beam profile 
by notching the piezocenmric tubes to produce an acoustic dead zone. The resulting angular deposition of acoustic energy 
permits directional heating of targeted tissue. Possible uses for these directional devices would be in the treatment of tumors 
residing in the posterior portion of the prostate. There applicators would allow for selective ablation of tumor tissue while 
protecting die rectum from thermal damage. 
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ABSTRACT 

We discuss potential of ultrasound waveguide applicator arrays for interstitial heating of brain tissue. First we describe 
specific absorption rate and show the importance of attenuation term at higher frequencies for cylindrical applicators. 
Ultrasound propagation characteristic to the applicator results in a shear component in the tissue. The component is 
significant over a small distance from the applicator. We obtain 3-D temperature distribution using finite element analysis 
simulations for four-applicator array. The simulations show that the array is capable of heating the tissue to 56°C. This high 
temperature leads to an undesired effect of heat toxicity in the adjacent tissue. The following simulations demonstrate how to 
optimize energy deposition, especially for asymmetries in boundary temperature. We investigate effects of effective thermal 
conductivity and antenna's length on the temperature pattern. We find that the array can be used for thermotherapy in 
clinically relevant volumes with the transducers operated at higher frequencies. 

Keywords: ultrasound, thermotherapy, waveguide applicator, interstitial heating, applicator arrays. 

1.   INTRODUCTION 

Interstitial application of heat in thermal treatment of cancer has a clear advantage in cases of deep lying tumors with a need 
to spare surrounding tissue1"2. We have shown before3 that a single waveguide applicator operated at 1 MHz can generate 
temperatures required for hyperthermia treatments within 1-cm diameter. This diameter has been observed in porcine brain in 
vivo and ex vivo as well as in tissues in vitro and in tissue phantoms. Our analytical calculations also resulted in similar value 
for the diameter. Since the length of radiating part, the antenna, is typically in the 1.0 - 2.5-cm range, this implies the 
treatment volume of about 0.8 - 2.0 cm3. 

In clinical applications this volume must be substantially more, on the order of tens of cm3. We investigated efficiency of 
multiapplicator arrays in heating larger volumes4. Temperature distributions were determined for three- and four-applicator 
arrays in a brain tissue phantom. The temperature was measured with microthernüstors at ten discrete locations. Finite 
Element Analysis (FEA) simulations followed the measurements. After we verified the validity of the FEA model we 
proceeded with FEA simulation of heating effects with the arrays. The number of applicators in the array varied from three to 
six. The volume with temperature in hyperthermic range was 16 - 65 cm3. 

Recent discussions3 of role of cancer thermal therapy point to treatments at a higher temperature, 45 - 70°C that could 
result in killing the diseased tissue. At these temperatures, tissue coagulation occurs. These treatments, unlike hyperthermia, 
would be a stand-alone procedure. We have discussed possibility of interstitial thermal therapy in the higher temperature 
range with the two-applicator array in brain tissue6. Our FEA simulations presented there gave 0.64 W/cm3 as the volume 
specific absorption rate (SAR) needed for the thermal therapy. The above SAR value exceeds power output capabilities of 
our applicators operated at 1 MHz. We suggested then that trie applicators be operated at higher frequencies. Also, as shown 
before , with more applicators in the array the power required at each antenna is less. 

Correspondence: B. J. Jarosz. Other author information: Email: jarosz@carlcton.physics.ca; Telephone: 613-520- 
2600 x 4318; Fax: 613-520-4061; Supported by NSERC grant. 
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Figure 1. Cross-section of the applicator 

This presentation addresses the issue of thermal therapy with a four-applicator array in brain tissue. Using FEA 
simulations, we discuss 3-D temperature distribution produced by the array placed close to the base of the brain's frontal lobe. 
We consider heating with the applicators operated in the 1 - 10 MHz frequency range. To see the effects of frequency, we 
look first at the relative SAR at various frequencies for an applicator. We show that for the highest frequency the SAR pattern 
is significantly different from the others. Our discussion includes also shear mode effects in immediate proximity of the 
antenna. The array is intentionally located to the side of the brain's middle line. This results in asymmetry in heat flux and 
we intend to show how the temperature distribution is affected. We show also how the simulations enable a choice of SAR 
set that guarantee a required distribution or, in other words, that simulations of this type must precede the thermal treatment. 

2.   THERMOTHERAPY MODELING 

Heating with our applicators requires that they be placed far from significant blood vessels. In presence of microvasculature 
only we can use effective thermal conductivity equation (ECTE) in modeling. Before we present the ECTE, we briefly 
describe geometry of the applicator and volume SAR patterns. 

2.1. Applicator geometry 

Details of the applicator's construction have been given elsewhere3. Here we list its major components and we define 
coordinate system used in the paper. Fig. 1 shows cross-section of the applicator. The transducer uses thickness oscillations 
of the PZT disk to generate ultrasound (US) in the 1 - 10 MHz frequency range. The US travels to the applicator's spinal 
needle via a stainless steel conical velocity transformer glued to the transducer. The needle is in a plastic cladding except at 
the tip. Heat generation occurs by conversion of the US energy deposited from the tip. The tip serves then as the antenna. In 
the figure, R represents the antenna's radius. For the G19 needles used in measurements, it was 1.1 mm. 

Cartesian coordinate system used in the paper has its x-axes pointing along the symmetry axis of the needle. We chose 
the origin to be at the termination of the cladding on the antenna side. Each applicator is cylindrically symmetrical. This 
symmetry does not apply to the four-applicator array we will discuss below. However, close to each applicator this symmetry 
still does exist. These facts have been used in building our FEA mesh. 

2.2. Volume SAR 

The ECTE requires amount of heat deposited in unit time per unit volume. This is known as the volume SAR, g(y,z). In our 
case the heat results from conversion of US energy. The acoustic pressure along the antenna was of a standing wave form. Its 
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Figure 2. Relative SAR for 1.1 mm diameter antenna 

spatial periodicity was 2.4 mm. This periodicity will not show in the SAR because of tissue smoothing effects.   We can use x 
averaged volume SAR, <g(y,z)>x written as 

<g(y,z)>x  = al0 -«■*'-* .I--V/ + Z2- (U 
In the above equation, a and fi represent US power absorption and attenuation coefficients and /„ is the initial US intensity. Fig. 2 
presents relative SAR as a function of distance from the antenna for \i =0.1 Np/cm. The graph illustrates how fast the SAR 
drops for distant points. In the four-applicator array, the antennas' axis separation was 24 mm. The maximum 11.50 mm 
corresponds approximately to the distance to the middle points between the antennas. 

It has been discussed before4 that for 1 MHz US the SAR is mainly defined by the divergence term, R/r. One has to be 
careful in immediate extension of this statement to other frequencies. The variation of attenuation coefficient for tissues with 
frequency is of the form u. = n„fa, where o =1.14 for brain tissue7. Fig. 3 illustrates the calculated relative SAR variation for the 
1 - 10 MHz frequency range. The figure demonstrates that up to 3 mm radial distance from the antenna the SAR decreases almost 
identically for all the frequencies. Past that distance the relative SAR for 10 MHz US starts to drop off faster reaching almost 
zero at 1.8 cm This different behavior at frequencies over 5 MHz results in different pattern of power deposition in the space 
between antennas. To maintain therapeutic temperature within the required volume at higher frequencies, the temperature at the 
antenna's surface will have to be higher, too. 
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Figure 3. Relative SAR vs. radial distance from the 1.1 mm dia. antenna for 1.0,2.25,3.5,5 and 10 MHz US 
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Figure 4. Longitudinal and shear wave contribution to volume SAR vs. radial distance 

In comments on equation (1) and illustrating it fig. 2, we did not include a contribution of shear wave component to heating. 
Our previous results4 suggested a presence of such component near the antennas. We have no direct means of evaluation of the 
component contribution. The antenna's acoustic output was measured in water. A needle hydrophone used for measurements 
sensed only the radial component. The following is proposed as a plausible estimate. US propagates along the antenna as a 
Rayleigh type surface wave8. Particle motion in the wave has in- and out-of-plane components9. The out-of-plane displacement 
amplitude, in radial direction in the tissue, is one and half of the other one. As the components contribute to the SAR 
proportionally to the displacement squared, we estimate the in-plane (shear for the tissue) component contributes about 31% to 
the total US energy deposited from the antenna. 

The role of the shear component in tissue has been questioned because of its two features. One of them requires a non- 
vanishing shear modulus. The other pertains to its rapid attenuation with the coefficient up to 150 ofthat for longitudinal wave10. 
Recent studies1112 of stress waves in tissues imply a need to include shear components in thermal effects. We have included the 
shear component in our simulations when testing experimentally our FEA model. That led to a substantial improvement of the 
simulation quality factor (root-mean-square deviation between measured and simulation temperature). It dropped from 0.54°C to 
0.11°C. The above indicates that the shear component plays a role in US heating. Fig. 4 compares the volume SAR for 
longitudinal and shear components. The calculations were done assuming 150 as the ratio of the shear and longitudinal 
attenuation coefficients. One can see that the shear component contributes significantly up to a distance of about 2 mm where its 
volume SAR is a little less than 20% of the total SAR. It decreases fast with the distance and past 2.75 mm from the antenna its 
contribution is less than 1%. As expected, the shear wave contribution is very localized and it does not affect heating patterns at 
large distances. 

2.3. Analytical basis of the simulations 

The knowledge of the volume SAR for an applicator leads to an analytical formulation that will be used in the FEA simulations. 
In general, the volume SAR for each of the four-applicator array will have to be different if we want to maintain more symmetric 
temperature distribution. The ECTE can be written in the form 

4 

^<8,(y,z)>x 

V2T + i=i 1  3T 
(2) 

keff aeff dt' 

where T = T - T0 is the temperature elevation above basal, T0 temperature; k^ represents tissue effective thermal conductivity 
which defines effective thermal diffusivity, <% = keJ/(p c). The two symbols in the denominator correspond to tissue density 

23 



■'>'s,'X~~" 

FigurcS. FEAmeshof the 3-D model 

and specific heat capacity. Majority of our simulations were carried out for steady state. That implies equation (2) assuming 
homogeneous form. 

2*4. FEA simulation modeL 

Our 3-D simulation model of heating in brain tissue assumed the tumor to be close to the base of the frontal lobe. This is the 
largest area of the brain cross-section. Fig. 5 presents the model's 3-D mesh. To show details of the model, it has been cut with a 
plane perpendicular to y axes at 2 mm distance from the two antennas with lowest y coordinate. The ticks on the coordinate axis 
indicate a unit of 1 cm. The model had three layers. The middle layer was the one in which heating occurred. Treatment volume 
is delineated by a dark line. It is pancake shaped with \5 cm maximum height and of 25 cm diameter. In the simulations, the 
height was varied up to 25 cm. The other two layers 2 and 25 cm thick were below and above thermally treated layer. The FEA 
mesh of all the layers was in the form of bricks of rectangular walls and quadrilateral bases. All the bricks had a constant 5-mm 
height in x direction. 

Fig. 5 shows that the heated volume is to the right of the middle line in the frontal lobe. We have chosen this location to 
explore influence of asymmetrical boundary condition on heating effect In the simulations, the external boundary temperature 
was maintained at basal, 37°C. To minimize number of bricks forming the 3-D mesh, we modified sides of quadrilaterals relative 
to expected temperature gradients. Their sizes varied substantially from about 0.14 and 0.2S mm in vicinity of the antennas and 
interconnecting regions through about 0.8 cm at the basal temperature boundary proximal to the heated region to about 7 cm at 
the boundary distal from that region. The FEA mesh of the full model had 25,544 lines and 8801 nodes. 

3.   RESULTS AND DISCUSSION 

We have carried out simulations for effective thermal conductivity in the 0.006 - 0.030 W/cm/K range. The range covers typical 
k# values. This was ascertained from equation relating k# and blood flow13 for typical values of the latter . The maximum 
tissue temperature was in the 45 - 56°C range. To achieve these temperatures, we adjusted the volume SAR. We begin 
presentation of the results with discussion of asymmetry in temperature pattern. 

3.1. Effects of asymmetric boundary conditions 

The simulations we have presented before4 dealt with the treatment volume positioned centrally within the overall volume. The 
temperature of the whole volume boundary remained fixed during heating. As expected, with the volume SAR maintained the 
same at all the antennas, the temperature pattern reflected geometry of the array. For example, for four-applicator array with the 
applicators' tips at the corners of a rectangle, the outline therapeutic temperature range was a rectangle with rounded comers. 
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Figure 6. 3-D temperature distribution at 0.69 W/cc volume SAR 

The shape of this range was also a function of effective thermal conductivity. For low ifc^the range resembled a circle while high 
values of ^resulted in the 'rectangle' sides indented towards the center of the treatment volume. 

Fig. 6 demonstrates the effect of asymmetric boundary condition in the temperature distribution. The four applicators had the 
same volume SAR, 0.69 W/cm at the antennas. As discussed in Section 2.2, we have included shear component in the SAR In 
the figure, the bands of different shade of grey represent temperature of the tissue in °C. The labels indicate temperature intervals 
withm the band. For clarity, we labeled only one of four bands with temperature above 51°C and only one of two with 
temperature above 53°C. As in fig. 5, the ticks on coordinate axis represent a unit of 1 cm. We have assumed keff= 0 01 W/cm/K 
in this and the next two figures. The 3-D model was cut with three planes to reveal relevant temperature distribution To reveal 
the top pattern, the plane perpendicular to x-axes bisecting the antennas was used. The other planes were perpendicular to the y 
and z axis and they were just past the antennas towards the center of the heated region. We have fixed maximum allowable 
temperature at 55 C in this simulation. It was reached at only one, top left (low y, high z coordinates) antenna. The pattern 
exhibits substantial asymmetry. The temperature at both the lower left (low y, low z coordinates) and right (high y low z 
coordinates) antennas barely reaches 51°C. More importantly, there is a significant dip in the 47 and 49°C contours The region 

Figure 7. 3-D temperature pattern at 0.53 W/cc volume SAR 
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Figure 8. 3-D temperature pattern with distinct SAR values at each antenna 

with temperatures above 45°C needs to be examined, too. As seen from fig. 6, the latter extends to the "healthy" layer below and 
also, not shown in the figure, above. 

This intrusion of the above 45°C region into a healthy layer is not acceptable from clinical standpoint. Heat toxicity would 
result in radical healthy cell kill. We looked then at lowering die maximum allowable temperature to 51°C. The resultant 
temperature pattern is shown in fig. 7. We used similar convention as in the previous figure. Once again, the maximum 
allowable temperature was only at the upper left antenna. We can see that the above 45°C range does not extend substantially 
beyond the treatment volume. On the other hand, it becomes very shallow at the lower right (high y, low z coordinates) 
antenna and a concern arises that there the treatment volume may not be entirely covered. 

We complete the above discussion with the results obtained for the four antennas run at individual SARs. First we 
looked for a method that enables a correction of asymmetry in temperature pattern by appropriate SAR choice. Observations 
led us to a following procedure. In the temperature pattern of initial simulation we measured the extent of last disconnected 
isotherms around antennas. The inverse of ratio of their sizes served as an indicator how to increase SAR at the antennas. 

x distance, cm 

Figure 9. Temperature distribution along the x axes with volume SAR of 0.53 W/cc at ail the antennas 
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Figure 10. Temperature distribution along the x axes with individual SAR at each antenna 

Assume the 0.53 W/cm3 volume SAR at the upper left antenna as a reference. Fig. 8 presents temperature pattern with the 
SAR at the antennas in clockwise direction of 110, 135, and 120% of the reference. The pattern around each antenna is 
almost identical. More importantly, the range with temperature above 45°C is more symmetrical, it covers well the volume at 
the lower right antenna. The range extends farther into the volume around the upper right antenna, too. 

Figs. 9 and 10 show details of temperature pattern along the x axes. We registered the therapeutic temperature, above 
45°C. The labels LR, LL, UL and UR in these two figures stand for lower right, lower left, upper left and upper right antenna, 
respectively, as seen in figs. 7 and 8. The center corresponds to the points directly above the center of the square formed by 
the antennas' tips. Fig. 9 demonstrates clearly rapid decrease in temperature around lower right antenna, close to the brain 
periphery. The figure's plot is a bit misleading as it suggests that the therapeutic temperature is maintained in the volume 
defined by the antennas. Fig. 7 gives better information on that. Therapeutic range around lower right antenna connects with 
the ranges of other antennas only along 0.8 cm of its central part. Past that length and also 0.1 cm over its total length, the 
therapeutic temperature around it is disconnected from the others. 

Fig. 10 indicates that the individual adjustment of SAR resulted in substantial improvement in temperature uniformity. 
There is slight, on the order of 0.3°C temperature deviation for the four antennas over their whole, 1.5 cm length. The 
temperature at the center remains above 45°C 1.1 cm below and (not shown in the figure) 2.5 cm above the origin (see fig. 1). 
This temperature protrudes to that extent into the under- and overlaying layers only at the center. As one can see, the 
temperature at the antennas drops below the therapeutic value at 0.5 - 0.7 cm beyond the antennas. The latter values are 
direct result of keeping the same volume SAR at the upper left applicator. We did this to have better comparison of the SAR 
adjustment effects. In practice one would adjust the SAR simultaneously, i.e., the factors used in the increment would be as 
before but the SAR at the upper left antenna would be reduced. 

3.2. Effects of other parameters. 

In our simulations, we have used a range of ktff. The lowest, 0.006 W/m/K is typical for the non-perfused tissue. Results for 
this thermal conductivity are meaningful in the thermotherapy case since its final goal is to coagulate the tissue. The 
beginning of the preceding section describes effects of low ktff on the shape of therapeutic volume. The other observation is 
that the asymmetric boundary conditions influence the temperature pattern less. At this low keg there is no need to 
individualize SAR to obtain therapeutic temperatures within the volume defined by the antennas' length. 

Results for the highest keff = 0.03 W/cm/K are presented in fig. 11. The plane set used to reveal the temperature pattern 
was the same as described above. We used individual SAR values for the array's antennas. We calculated them in similar 
fashion as those to get fig. 8. This time we selected 48°C as the maximum temperature. The volume SAR at the reference, 
upper left antenna was 1.12 W/cm3. The figure demonstrates that the therapeutic temperature volume is reasonably 
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Figure 11. 3-D temperature distribution at k^=0.03 W/cm/K. Individual SAR values used. 

symmetrical with the maximum temperature in similar volumes around each antenna. Closer inspection of the results show 
that the volume with the therapeutic temperature starts as expected at the termination of the cladding ( x = 0 ) and continues 
until 0.05 cm above the antennas' tips. At x = 1.5 cm, tip of the antennas, the therapeutic range of both the upper antennas are 
still connected. Past that point the therapeutic temperature exists still around all the antennas for about 0.25 cm. These were 
small, disconnected volumes. The pattern is asymmetric at these locations. 

We looked also at effects of the antenna's length. The results for the 2.5 cm length at k^ = 0.01 W/cm/K were very 
similar to the ones described in discussion of fig. 8. In this simulation we used individual SAR values. The factors used in 
calculations were the same as described above. The layers above and below the treatment volume were 2.5 and 2.0 cm thick 
as before. The fact that the overall volume of the tissue has increased by about 17% had no substantial impact on temperature 
pattern. We conclude that for active heating, properties of adjacent layers have the largest impact 

33. Feasibility of thermal therapy 

In our simulations, we typically set the maximum temperature of the tissue and adjusted the volume SAR to achieve it We 
will evaluate now if our applicators can supply the required energy. Radiation balance measurements showed that the 
maximum acoustic output of our transducers is about 4 W. Efficiency of our applicators was 30 - 40%. If we add shear 
component that can exist in tissues but not in water, the total power from the antenna can be in the 1.6 - 2.1 W range. In our 
evaluations we have used volume averaged temperature elevation, < r> defined as 

XdV 

<T> = (3) 

where V represents the total volume. Fig. 12 shows shape of various temperature ranges as seen in the plane bisecting the 
antennas perpendicular to the x axes of the previous figures. Only every other band is labeled for clarity. The range above 
47°C is indicated by the arrows. The shapes are very irregular and in effect we had to carry out approximate integration. It 
gave < T > = 1.9°C. We evaluate that US has to be applied for 18 - 23 min. It compares reasonably with experiments in 
which 7 - 25 min US heating resulted in the steady state. 

The other question that remains to be addressed is the SAR values. Fit of our 1-MHz data with the simulations shows 
that the antennas provide up to 0.5 W/cmJ volume SAR. The values reported in the previous sections start at 0.53 W/cm3 and 
go up to 1.51 W/cm3. We could generate higher acoustic outputs by cooling the 1-MHz applicators or replacing formerly 
used 12.7-mm diameter piezoelectric disks with 25.4-mm disks. We have tried both and we have observed an expected 
increase. Both the modifications enlarge substantially the size of the array. Also, the transducer holders that provide efficient 
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Figure 12. Temperature distribution in the plane perpendicular to the x axes bisecting the antenna 

cooling suffer enlargement. Instead we propose replacement of 1-MHz piezoelectric elements with either 3.5- or 5-MHz 
elements. Results of these simulations done for 1-MHz applicators apply up to those frequencies (compare fig. 3) within 
about 2%. The discussion in Section 2.2 indicates clearly that the 3.5-MHz transducer can provide the required volume SAR 
even for the highest k^ reported here. There are some atypically high blood flow14 values. Even then the waveguide 
applicator array can heat the tissue to the therapeutic level but then 10-MHz transducers must be used. Separate simulations 
have to be carried for this high frequency. We have reported such simulations6 for the two-applicator array and we found that 
the array can render satisfactory temperature distribution. 

4.   CONCLUSIONS 

Volume SAR for US waveguide applicators depends mostly on the divergence term for low frequencies. At higher (above 5 
MHz) frequencies the attenuation term becomes significant at large compared to the antenna's radius distances. This leads to 
serious reduction of US penetration depth. Shear component in tissue characteristic to the applicator plays a role in heating 
over a small distance. At high acoustic power this distance is less than 3 mm. 

The 3-D simulations provide details of temperature distribution that can hardly be obtained from direct measurements. 
Placement of the applicators defines the 3-D temperature distribution shape in the middle part of the antennas. The shape 
there does not depend on the antenna's length or the layers of tissue below and above. The extent of this part is mainly 
defined by effective thermal conductivity. If the array volume SAR is high enough (0.69 W/cm3 for the discussed here four- 
applicator array), in the case of low keff (low blood flow) the maximum temperature reaches 56°C. In this case the temperature 
above 45°C extends to the adjacent layers. This is due to high US penetration. It is an undesired effect since it results in heat 
toxicity in healthy layers. The SAR values in the array should be optimized to minimize this effect. 

The array operated at 1 MHz can supply satisfactory SAR if the heated volume of low keg is placed centrally in the 
overall volume (symmetric boundary conditions). If the treatment volume suffers asymmetrical cooling, individual volume 
SAR at each applicator has to be used. The simulations give the information on how to modify power deposition. For the 
four-applicator array, the required three applicators SARs were beyond capability of the 1-MHz applicator. We conclude that 
3.5- or 5-MHz transducers will have to be used in typical cases. Special cases of very high blood flow may require 10-MHz 
transducers. 
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ABSTRACT 

A new catheter-based cryosurgery system is proving its potential as a valuable tool for electrophysiologic (EP) applications 
inside the heart. The long, narrow, flexible catheter evaporates room-temperature liquid refrigerant within its tip to produce 
localized cryogenic temperatures. The catheter provides a "less invasive" percutaneous approach to the inner walls of the heart 
to confirm and ablate arrhythmogenic sites with cryosurgical benefits—preservation of tissue integrity, absence of thrombus 
formation. The system's primary engineering challenges are safe refrigerant handling and catheter temperature performance. 
Surgical results in the animal model demonstrate the system has sufficient cooling power and temperature range to alter EP 
response, both temporarily and permanently. With tip temperatures between -20°C and -35°C at the atrioventricular (AV) 
junction, reversible conduction block is produced in the AV node with minimal damage to heart structures. Taking the tip 
below -50°C creates permanent block in the AV node through formation of a necrotic lesion. Summing these results leads to 
the conclusion that the technology has the potential to identify arrhythmogenic sites without damage, to verify the site, and 
to ablate it—within the same procedure, without moving the catheter. 

Keywords: catheter, cryoablation, ablation, cryosurgery, endocardial 

1.   CRYOSURGERY 

Treating disease or injury through the application of cold has a long history, dating back to studies first recorded in 1824. By 
the nineteen sixties, with new technologies to lower and to control the level of cold and to more effectively apply it to the 
body, cold came into its own as a legitimate and valuable surgical tool. Surgery by cold, especially the use of extreme cold 
to bring about the destruction or elimination of abnormal cells, is called cryosurgery. Today, cryosurgery is applied almost 
everywhere on or within the body. It treats a variety of conditions from abnormal heartbeats to enlarged prostates to warts. 

Cryosurgical tools combine cryogenics, meaning the production of icy cold, with the natural effects cold has on tissue to cre- 
ate their effect. In the physical sciences, the field of cryogenics is considered to deal with temperatures below -150°C; tem- 
peratures below what can typically be reached by refrigerants. However in physiology, cryogenic temperatures are any tem- 
peratures below which tissue functions, reactions, or viability are altered by cold. This monograph is particularly interested 
in the cryosurgical aspect of cold on heart tissue, namely, the catheter application of cryogenic temperatures inside the heart to 
eliminate its electrical properties in interventional cardiac electrophysiology. 

2.   CARDIAC CRYOABLATION 

The medical term for cryosurgical removal or elimination of a body part or the destruction of its function is cryoablation. In 
interventional cardiac electrophysiology, cryoablation is primarily used for removing the electrical properties of heart tissues 
that interfere with the proper beating of the heart. Cryoablation involves temperatures below which significant destruction of 
tissue takes place; temperatures below about -35°C. 

In the heart, cryoablation is not the only use for cold: cold at all levels has many clinically desirable effects. Temperatures 
near the freezing point of water can disrupt electrical activity in tissue without causing permanent destruction; this effect is 
called reversible block [Camm et al. 1979; Camm et al. 1980]. Ice formation in bodily fluids and tissue can cause instru- 
ments to stick to bodily structures to "anchor" the cryosurgical tool, particularly useful for maintaining contact with the walls 
of a beating heart. Extreme cold can cause cell death without compromising the structural integrity of the tissue [Ott et al. 
1987; Markovitz et al. 1988]. Heart muscle killed by cold is replaced naturally by fibrous tissue that is electrically inactive 
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[Jensen et al. 1987; Murray et al. 1994]. Freezing of blood and tissue has negligible tendency to create thrombi during appli- 
cation and leaves the site of application relatively undisturbed and smooth. 

A primary use of cardiac cryoablation in electrophysiology has been the treatment of arrhythmia that were unresponsive to 
drug therapy. It was particularly well suited for treating the atrioventricular (AV) junction [Bredikis 1985; Harrison et al. 
1977; Klein et al. 1980]. Typically, arrhythmia cryoablation was a multiple-step process. First, the focus of the arrhythmia 
(called the arrhythmogenic site) would be identified using standard electrophysiological procedures. Then, the chest would be 
opened. The surgeon would proceed to confirm the ablation site by creating a reversible block while under cardioplegia. Fi- 
nally, cryoprobes on the outer and inner surfaces of the heart would be used to ablate the pacing or conducting function of 
cells at the arrhythmogenic site. 

Beginning in the early nineties, however, the number of cardiac cryoablation procedures performed for arrhythmia declined 
sharply. This drop was due largely to the advent of refined electrosurgical ablation catheters. These long, flexible, steerable 
catheters could be introduced through a simple puncture in the skin and threaded through the vascular system into the heart. 
There, they could deliver radio-frequency electrical energy to the inner walls of the heart, using heat instead of cold to ablate 
the arrhythmogenic site without having to open the chest or stop the heart Although electrosurgical procedures were limited 
to only certain types of arrhythmia, the advantages of catheter-based energy systems were clear the systems greatly decreased 
invasiveness of the procedure. Introduction of these catheters all but ended the use of open procedures, including cryoablation, 
for the indications where catheter ablation applied. 

3.   CATHETER CRYOABLATION SYSTEM 

Now, a new cryosurgery system, where freezing temperatures are delivered to the end of a long, flexible, steerable catheter, is 
again bringing the advantages of cryoablation to interventional electrophysiology, only in a less invasive form. The new 
system is being developed by CryoCath Technologies in the Montreal metropolitan area. It has demonstrated already that 
sufficiently low temperatures can be sustained in a beating heart to cryoablate the AV node or to create transmural lesions in 
any chamber of the heart in dogs. 

The catheter cryoablation system has three major elements: cryocatheter, umbilical, and console. The cryocatheter is the 
component that is introduced into the body and placed in position at the arrhythmogenic site. Then, room-temperature liquid 
refrigerant is delivered and evaporated in its tip to produce the localized cold needed. The umbilical system connects the refrig- 
erant and electrical systems of the catheter to the console and to an ECG monitor for interpretation and control of the proce- 
dure. The console is the main control unit where electronics control and display the procedure variables; the refrigerant is 
stored, delivered, and recovered; and the electronic safety and alarm systems reside. 

The primary technology of the system is the use of a room-temperature liquid refrigeration system. The simple evaporative 
liquid system provides several advantages over competing technologies: flexibility, lower pressures, and higher cooling 
power. Until recently, most cryoablation systems used cryogens, liquefied permanent gases, to create the needed temperatures, 
the most popular of these being liquid nitrogen. Obviously, systems moving cryogens are large and stiff, these systems are 
not compatible with flexible catheters. Other cryoablation systems meant for use in catheters use adiabatic expansion of 
gases, the Joule-Thompson or Kelvin-Thompson effect, to reach the low temperatures. These systems often require system 
pressures in the neighborhood of 800 to 2000 psi compared to the liquid system that operates between 250 and 500 psi. Al- 
though the Joule-Thompson systems can attain quite low temperatures, they do not have the cooling power obtained by tak- 
ing a liquid through to its vapor state. 

Figure 1 is a schematic representation of the catheter illustrating one embodiment of the liquid refrigerant system. Liquid 
refrigerant is delivered down the center of the catheter in a micro injection tube. The small size of the tube helps keep the 
refrigerant liquid until it reaches the tip of the catheter. The main lumen of the catheter is maintained under vacuum ensuring 
that the evaporation chamber in the tip is under vacuum for complete evaporation of the refrigerant as the liquid exits the in- 
jection tube. The vacuum in the lumen also provides for evacuation of the spent refrigerant vapor. The schematic shows the 
current "spot" catheter that uses an impinging-jet flow configuration for efficient transfer of heat in the small tip. This tip 
forms a relatively spherical ice ball, thus the spot name.  This type of system gives a relatively stable temperature-versus- 
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flow relationship allowing reasonable temperature control over a wide temperature range, more than 30°C, by simple injec- 
tion-pressure control. 

The system's main engineering challenges are obtaining the necessary catheter temperature performance, injecting and recover- 
ing refrigerant safely, assuring proper catheter positioning in the heart, and providing an easy to use user interface. 

Temperature performance of the system relates to the absolute temperatures it can reach and to the stability at those tempera- 
tures. To receive full benefit from the use of cold in electrophysiology, each aspect of cold needs to be available through the 
system. That means that the system must not only be able to reach cryoablation temperatures, but it must be capable of 
making reversible block at warmer temperatures. Reversible block is used to confirm that the catheter is positioned correctly 
before ablation is undertaken. To obtain reversible block, the catheter must be controllable at temperatures above -30°C 
range. To assure deep and permanent ablation of heart tissue, the catheter must reach temperatures lower than -50°C. The 
exact stability necessary to control confirmation or ablation processes is not known, but several clinicians have expressed 
they would like to see better than ±5°C. By creating proper restrictions in the refrigerant injection system and using a PID 
control system of the injection pressure keying off the tip temperature, the current system has been shown to create controlled 
temperatures in the dog heart from -25°C to -55°C within ±2°C. 

The purpose of most of the active safety systems is to address the safe movement of refrigerant in and out of the catheter; 
vacuum inside the main lumen of the catheter being the main safety attribute. Since the catheter is under vacuum, a leak in 
any part of the catheter results in blood ingress into the catheter lumen, rather than refrigerant release into the body. A pull 
wire, which runs the length of the catheter and is used to deflect the catheter tip, serves as the leak sensor. Blood entering the 
catheter creates an electrical short with the pull wire, the short is detected by the console. Once the leak detection is activated, 
injection of refrigerant is disabled, but vacuum is maintained to insure that the refrigerant is removed from the catheter. When 
the blood reaches the optical fluid sensor in the catheter handle, the vacuum is turned off. The console hardware monitors the 
vacuum connection as well as the state of vacuum throughout the console at all times. If loss of vacuum, catheter leak, or 
injection tube blockage is detected, the console disables refrigerant injection as well as provides an audible alarm. 

Properly positioning the catheter is accomplished through mechanisms and sensors internal and external to the catheter. To 
allow the physician to manipulate the catheter and position it, a single-axis deflection mechanism is built into the catheter. 
Curvature of the tip is activated by a pull wire attached to a lever on the handle of the catheter. Using ECG signals coming 
from quadrapolar electrodes on the catheter (the tip and three electrode rings arrayed down the shaft) and fluoroscopic visualiza- 
tion of the catheter in the heart, the clinician can manipulate the catheter into position and then begin the procedure. 

The user can preset procedure variables—application mode, temperature, and (if desired) time—through a menu-driven user 
interface on a computer touch screen on the console. The interface records and displays all information about the procedure, 
including settings, tip temperature, application time, cautions, and warnings. Initiation and termination of the procedure is 
done through manual buttons on the console. These buttons are not dependent on software operation. A separate hardware 
display of tip temperature and procedure time are also on the console to insure safe shut-down should there be a problem with 
the software controls. 

4. ENDOCARDIAL CRYOABLATION 

The catheter cryoablation system described has been used in more than 20 animal studies to examine the effects and limita- 
tions of catheter cryoapplication on the inside of the heart with respect to reversible electrophysiologic effects and to the sys- 
tem's capacity to create chronic electrical block of the AV node. 

Eight dogs were studied to demonstrate that AV node conduction could be transiently interrupted by cooling the AV node area 
with complete recovery after passive warming. Cold confirmation by creating a reversible conduction block by cryoapplica- 
tion was termed ice mapping by the researchers. At the AV node, cryoapplication with progressive lowering of the tempera- 
ture was done. As soon as high degree AV block or lengthening of the PR interval greater than 50% was obtained, cryoappli- 
cation was stopped with subsequent passive rewarming. Recovery of 1:1 conduction occurred several seconds after cryoappli- 
cation was stopped in all animals. When tip temperatures remained between -20 C and -35 C at the AV node, reversible con- 
duction block was produced in the AV node with minimal damage to heart structures.  The researchers concluded that reversi- 
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ble ice mapping is feasible using catheter cryoablation technology and that this technique may allow for identification of suc- 
cessful ablation site (cold confirmation). 

Twelve dogs were studied to demonstrate that AV node conduction could be permanently blocked by cooling the AV node 
area. At the AV node, two cryoapplications of five minutes each were done at the lowest temperature attainable. Taking the 
tip below -50°C created permanent block in eight out of nine animals; the ninth had an anatomical defect that prevented suc- 
cessful blockage. The conclusion of these studies was that the catheter cryoablation technology has the cooling capacity to 
successfully cryoablate the AV node in dogs. 

Taking these results together leads to the conclusion that the technology has the potential to identify and position the cryoab- 
lation catheter at the arrhythmogenic site, to reversibly confirm the site with minimal damage to heart structures, and to ab- 
late it—within the same procedure, without moving the catheter. 

The catheter cryoablation system provides a "less invasive" percutaneous approach to the inner walls of the heart to confirm 
and ablate arrhythmogenic sites with cryosurgical benefits—preservation of tissue integrity, absence of thrombus formation. 
The safety, effectiveness, and confidence of cryoablation should soon be available in a catheter system. 
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ABSTRACT 

The puipose of this article is to review the physical construction and power deposition characteristics of interstitial 
microwave antennas that may be used for highly localized heating of tissue at depth in the human body. Several different 
antenna designs are described and matched with potential clinical applications that range from moderate temperature 
Hypothermia therapy to tissue-necrosing Thermal Ablation therapy. Typical clinical procedures are outlined for thermal 
treatment of target sites such as brain, prostate, heart, and gynecologic region tissues. Associated methods of implanting the 
antennas and coupling microwave energy into the surrounding tissue are also described, including the use of single or multi- 
chamber stiff, flexible or inflatable balloon type catheters, with or without circulating air or water cooling. With numerous 
references to the primary literature, this material should provide a framework for analyzing potential new applications for 
interstitial microwave antennas, as derived from the physical capabilities and limitations of the available hardware and 
techniques. 

Keywords: Interstitial, microwave, antenna, array, implants, Thermal Therapy, Hyperthermia, prostate, brain, cancer 

1. INTRODUCTION 

Invasive heating techniques offer a number of advantages over external heating approaches for localizing heat in small 
tissue volumes at depth in the body. Over the past two decades, nine distinctly different interstitial heating modalities have 
emerged in response to changes in clinical treatment procedures and implant hardware. They consist of: 1) implantable 
microwave antennas operating between 0.4 and 2.5 GHz ■-», 2) resistively-coupled radiofrequency (RF) electrodes driven at 
0.3-3 MHz for local current field (LCF) heating between paired electrodes *•'', 3) single-ended RF electrodes (CC-RF) driven 
at 8-27 MHz to couple current capacitively into surrounding tissue *-'°, 4) internal LCF type electrodes coupled inductively 
to external 6-13 MHz power sources via receiving loop antennas implanted just under the skin (IC-RF) ", 5) 5-12 MHz 
tubular ultrasound (US) radiators 12*14,6) laser illuminated, fiberoptic coupled crystal diffusen ,$-16, and three Hot Source' 
techniques: 7) hot water tubes,719, 8) DC voltage driven resistance wires 2°-n, and 9) inductively coupled, thermoregulating 
ferromagnetic implants (Ferroseeds) M. These heating techniques have been described in numerous review articles24-32 as 
well as the associated primary literature. Along with the rapid development of physical devices, there has been a parallel 
evolution of associated diagnostic tools and clinical treatment protocols. Thus despite innovative development efforts that 
have produced many quite functional interstitial heating techniques, technical challenges remain to optimize the application 
of interstitial heat to meet the clinical requirements. 

This article presents an overview of microwave antenna technology that is available for thermal therapy of human 
tissues. A brief description of the design evolution of implantable microwave antennas is presented as an aid to 
understanding the current state of the art as well as future potential of the technology. Heating performance characteristics 
are summarized for representative microwave antenna designs and highlights of key investigations are referenced for more in 
depth study. Issues of appropriate thermometry and quality assurance procedures are covered elsewhere26-J"7. The article 
ends with a summary of potential applications for interstitial microwave antennas, as derived from the physical capabilities 
and limitations of current designs. 

2. IMPLANTABLE MICROWAVE APPLICATOR DESIGN 

At frequencies above approximately 300 MHz, tissue acts as a lossy dielectric and the predominant mode of 
propagation for electromagnetic waves is radiative rather than conductive. In order to localize microwave radiation within a 
small tissue volume underlying normal tissues that must be protected, several miniature antenna designs have evolved based 
on 1-2 mm diameter flexible coaxial cable feedlines implanted in tissue inside insulating plastic catheters. Minor 
modifications to the tip portion of the implanted cables cause significant variations in the radiation patterns of single antennas 
as well as in the interaction of antenna arrays. These are discussed below. 
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2.1   Dipole Antennas 
The simplest antenna structure useful for interstitial implantation is a length of semi-rigid coaxial cable with a section 

of outer conductor removed to expose a length of inner conductor at the distal tip (Fig. la). This open-ended coaxial cable 
radiates most efficiently if implanted a distance of about A/4 for use as a monopole above the skin surface ground plane3S, or 
if implanted to a depth of approximately A/2 or twice the exposed conductor length. In this case, the structure operates as a 
half-wave dipole with current minimums at the tip and tissue entrance points, and a current maximum near mid-depth at the 
"junction" of inner and outer conductor sections. This produces a circularly symmetric gaussian (football) shaped heating 
pattern in tissue around the dipole. At the most commonly used microwave frequencies of 433, 915 and 2450 MHz, the 
wavelength in tissue is about 10,4.5, and 1.7 cm respectively. Since the antennas are often implanted within catheters (er<3) 
surrounded by a variable amount of air, the effective wavelength of radiation into the catheter-air-tissue load is somewhat 
longer than that of a bare antenna in tissue. In typical use, the resonant A/2 length of an insulated dipole antenna in human 
soft tissue is about 6-8 cm at 915 MHz. Effects of catheter thickness, diameter and material on the radiation pattern, input 
impedance, and efficiency of dipole antennas have been studied extensively 39"45. Because the clinical application of this 
technique requires adapting antenna heating patterns to fit different size tumors, many have also studied the effects of 
variable insertion depth. The literature documents significant changes in dipole antenna radiation patterns for different 
insertion depths, for both single antennas and antenna arrays3-46"49. Mechling and Strohbehn50 related the effects of these 
SAR pattern changes on the ability to heat several realistic deep seated tumor cases. 

Power deposition in tissues surrounding the antennas is determined from PD = a |E,.| /2p where o andp are the tissue 
electrical conductivity and density and E,. = £ E; is the total electric field summed from all antennas. For a single insulated 
dipole in a dissipative medium, E,. has a significant radially oriented field component along much of the antenna length in 
addition to the axially directed field that dominates in the junction plane '■56. This complex field produces unavoidable 
variation of ET (and thus SAR) along the dipole length in addition to the rapid falloff of SAR radially from the peak near the 
junction. The point receiving 50% of maximum SAR occurs within 2-3 mm of the antenna junction for a single antenna at 
915 MHz '•57. Methods of extending the radial penetration of heating 2-3 mm deeper into tissue have been identified, 
including the use of air 586° or water6l-62 cooling of the antenna-tissue interface. 

Since the target volume is often too large to heat with one antenna alone, antennas may be placed in an array 
configuration and driven either non-coherently to avoid interactions, or with phase-adjusted (coherent) signals to obtain 
enhanced heating between antennas where the individual fields add constructively. Because power deposition increases with 
E,.2, SAR can be increased significantly near mid-depth in the array center where the electric fields are all directed 
predominantly parallel to the antenna axes. While this configuration produces good central array heating with larger antenna 
spacing, there is progressively less enhancement of SAR at increasing axial distance from the junction plane due to the 
increasing proportion of radial field components that cancel rather than add constructively. SAR patterns possible with 
phased arrays of dipole antennas have been studied by numerous investigators 43-50-51-6366 though their use in heterogeneous 
tissue requires extra care in order to obtain the theoretically expected phase coherence. For example,67 reported significant 
perturbations of array heating patterns when one antenna of a four antenna array was shifted axially just 1 cm from perfect 
alignment. Additionally, HPC site visit tests identified a variation of up to 35% in efficiency for supposedly "identical" 
commercially supplied antennas 68. This implies that equal power application to "in-phase" antenna arrays will not 
necessarily produce the theoretically expected central hot spot and suggests that independent dynamically controlled power 
and phase control of each antenna is essential. 

As a means of reducing fixed phase errors from unmatched hardware and heterogeneous tissue loads while at the same 
time improving the uniformity of SAR within the implant volume, several investigators have demonstrated the advantages of 
using phase modulation to sequentially rotate in-phase "hot spots" around the array 6973. In fact,74 reported a 300% increase 
in tissue volume heated above 41.5°C for an optimized phase rotation sequence. This technique has been successfully 
incorporated into a clinical system that combines power variation by computer-planned, time modulated phase delays to four- 
antenna arrays with automatic temperature control by multi-frequency radiometry 75"77. Continuing one step further - since 
varying the insertion depth of one antenna was found to produce a phase shift in that source, an alternative method of 
producing controllable phase modulation by time sequencing of dipole insertion depth changes has been proposed67. While 
increasing system complexity, appropriately controlled cyclic scanning of antennas should be expected to provide further 
improvement in array heating uniformity due to controllable variation of SAR along each catheter as well as phase 
modulation shifting of the array focal hot spot. 

Other efforts to improve control of SAR along the antenna length have produced several alternatives to the basic dipole 
structure as seen in Fig. 1. Modifications include the use of multiple active sections to extend the heating pattern53, partial 
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Fig 1 - Schematic drawings of miniature coax cable interstitial microwave antennas intended for insertion within insulating 
catheters in lossy tissue: A) Dipole antenna showing extension of the coax inner conductor (hj, and implanted length of 
outer conductor (hf). separated at the •junction1 •. B) Dipole with enlarged diameter collars for increased capacltive 
coupling through the catheter wall which helps extend the heating pattern axially » C) Helical Coil antenna with fine wire 
coil approximately I turn per mm axial length. The coil attaches to the inner conductor at the tip and has a 1 mm separation 
gap from the outer conductor » DJ Multi-node antenna with short sections of outer conductor removed to expose inner 
conductor nodes for extending the heating pattern axially. E) Dipole antenna with X/4 chokes made from a metallic 
coating on the outer dielectric surface over both the hA and h, antenna sections \ F) Sleeve dipole antenna with X/4 sleeve 
and transformed open end * G) Sleeved coaxial slot radiator formed with second outer conductor choke and short tip 
portion shorted to the inner conductor at the tip ». p 
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wavelength chokes to restrict radiation back along the feedline 45-54-55, and enlarged diameter sleeves for preferential 
(capacitive) coupling of current through selected portions of the catheter insulation S1-78-TO. Although these efforts have 
produced stepwise improvements in tip heating and/or reduced feedline heating, most dipole-based arrays still demonstrate 
variable heating patterns for different insertion depths and little ability to adjust the effective heating length outside a limited 
range. Current 915 MHz dipole-type antennas appear useful for heating regions up to 3-5 cm long and approximately 1 cm in 
diameter per single antenna, or for larger regions that can be implanted with an array of antennas spaced up to 2.0 cm apart. 
For the larger tissue regions, the dipole-type arrays appear most appropriate for situations that can benefit from phase 
addition of fields near the array center (or peripherally between antennas with dynamic phase rotation) at the expense of 
heating towards the proximal and distal ends of the array (i.e. cases where the spacing of parallel antennas must be 
maximized but the antennas can be inserted 1-2 cm past the deep margin of the target50-80. 

2.2 Helical Coil Antennas 
One alternative antenna design merits separate consideration. The basic implantable Helical Coil antenna is constructed 

simply by stripping away a section of outer conductor from the distal end of a miniature (1-2 mm diameter) coaxial cable and 
winding a high density coil of fine wire (e.g. 29 ga Cu) tightly over the insulated inner conductor (Fig. 1C). With minor 
variations in radiated field, the coil may be connected to the coaxial cable feedline at the tip x 52-81 or at both ends of the coil 
82.83 using an appropriate combination of coil length, diameter, and winding pitch for the given operating frequency, 
efficient coil radiators that restrict heating to a cylindrical region immediately surrounding the coil are easily constructed. 
For typical winding densities of approximately 1 turn per mm axial length, the spacing between turns is small compared to 
the wavelength at 915 MHz, but is still adequate to induce a predominantly circularly polarized electric field in tissue 
surrounding the coil. Numerous theoretical M-85 and experimental 2- "■ "•86"88 studies of Helical Coil antennas have 
demonstrated both independence of heating pattern on insertion depth in tissue and an improved extension of heating out to 
the antenna tip as compared to dipole type radiators. Fig. 2 shows SAR profiles along the antenna length at a radial distance 
of r=5 mm in tissue equivalent phantom. Note the close correspondence of SAR to the length and position of the coils 
(ranging from 1.1-3.0 cm long) which results from improved heating at the antenna tip and lack of overheating near the tissue 
surface even for coils implanted just 5 mm into the surface. Despite the advantages of improved heat localization around 
variable length coils located at any depth in tissue, helical coil antennas are not optimum for all applications. The antennas 
are normally driven with non-coherent microwave sources to limit interaction of the complex circularly polarized fields so 
the peak SAR occurs adjacent to each coil rather than in the tissue centrally between antennas. Several independent studies 
have reported comparative evaluations of heating patterns from the above antennas 2-86-90. In general, the data suggest that 
Helical Coil antennas may be preferable for heating smaller target volumes (1-4 cm diameter) in critical tissues where factors 
such as heating out to the antenna tip and a steep falloff of SAR proximal to the coil section are more important than 
maximizing the separation of antennas. 

2.3 Implant catheters 
Interstitial microwave antennas are normally placed inside <2 mm diameter plastic catheters in order to insulate the 

metal conductors from the lossy tissue load. Most catheter materials are soft and thin walled to minimize implant diameter 
and subsequent trauma and discomfort for the patient. Thus catheters are generally quite flexible by themselves and are 
implanted with the aid of a removable stiff inner stylet to obtain straight parallel arrays. Commonly used materials include 
thin walled Teflon, polyurethane, and similar plastics with low dielectric loss and high melting temperatures. The wide range 
of clinical applications for implantable microwave antennas necessitates an equally wide range of special purpose catheters. 
Our institution has a long and successful experience heating brain tumors using thick walled silicone catheters having slightly 
larger diameter (2.5 mm OD) and blunt, closed tips for insertion of Helical Coil antennas through burr holes in the skull91-92. 
For this application, the silicone material provides the required high degree of flexibility to minimize trauma to sensitive 
brain tissues which may shift slightly relative to the skull during the multiple-day implant period. Recently, more 
sophisticated multi-channel catheters are becoming available to provide access for inflow and outflow of air or water cooling 
around the antenna. Although such designs are generally larger in diameter, they may be quite acceptable for use in natural 
body cavities such as the urethra. Astrahan 83 describes a modified silicone urological catheter with multiple lumens for 
microwave power cable, urine drainage, and temperature measurement cannulas within the same catheter as a helically 
wound copper ribbon antenna. Other multi-lumen silicone catheters have been reported 93 for use in implanting multiple 
microwave antennas and temperature monitoring probes in transurethral and esophageal heating applications. More recently, 
multi-lumen catheters have become available made with lightweight very thin wall materials to provide more effective 
temperature control of the applicator surface via water cooling of the catheter mounted antenna. For cavities that allow 
insertion of even larger diameter implants (e.g. rectum, vagina, esophagus), additional features may be added such as 
inflatable balloons to aid in positioning the antenna M and extra channels for filling, draining or insertion of multiple heat 
sources and probes. Valdagni95 describes a large custom fitted vaginal applicator that allows placement of two microwave 
antennas and a water cooling system for heating cervical recurrences near the vaginal apex. 
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Helical Coil Length 

Axial Distance from Antenna Tip (cm) 
Fig. 2 - Measured relative SAR at a distance of 5 mm from three different length Helical Coil antennas in 915 MHz 
muscle tissue equivalent phantom. Insertion depth for each antenna was the coil length plus 5 mm. Standard deviations 
art for time independent trials. Similar curve shapes were measured for helical coil antennas with 1.3.1.5. and 2.5, and 
3.5 cm long coils (data not shown for clarity) and for antennas inserted deeper in tissue. 
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• Normalized steady stale temperature rise in dog thigh muscle in vivo at a distance of 5 mm from a simple dipole 
* (left) with 3.5 cmüpiunction length and implanted 4.5. 7. or 10 cm. Corresponding temperature distributions 

Fig. 3- 
antenna (left) with 3.5 cm tipiunction length and implanted 4.5. 7. or 10 cm. Corresponding temperature distributions 
for a 3.5 cm long Helical Coil antenna (right) implanted to the same depths in the same implant sites. The standard error 
bars were calculated from independent measurements of ^Temperature Rise in 3S different implant sites for each 
matched pair of heat trials. The maximum steady slate temperature attained in each trial was approximately 43 «C 

3. POWER DEPOSITION CHARACTERISTICS 

Numerous experimental studies of microwave antenna heating patterns clearly demonstrate that circularly-polarized 
Helical Coil type antennas provide superior independence of heating pattern from insertion depth changes and improved 
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extension of heating out to the antenna tips as compared to predominantly linearly-polarized dipole type antennas which 
produce less reproducible centrally peaked "football" shaped patterns x 48- "•83-8<s-87. While exhibiting irregularities inherent 
with heterogeneous in vivo tissue measurements, Fig. 3 shows the basic differences between 915 MHz dipole (no A/4 choke) 
and Helical Coil antenna radiation patterns as measured in canine muscle in vivo. While the Helical Coil antenna produces 
nearly identical heating patterns for insertion depths of 4.5, 7, and 10 cm, the dipole antenna unavoidably overheats skin and 
superficial tissues near the feedline entrance site for shallow insertion depth tests and changes to a much broader heating 
pattern when implanted deeper below the surface. For all insertion depths, the dipole leaves >1 cm of tissue near the tip 
below 50% of maximum temperature rise, in contrast to the Helical Coil which heats effectively (>50% of maximum 
temperature rise) out past the coil tip in all three trials. 

For multi-antenna arrays of Helical Coil antennas driven non-coherently to minimize interaction between antennas, a 
similar close correspondence of heating pattern to the implanted coil lengths is obtained. Fig. 4 shows the steady state 
temperature profiles along two thermal dosimetry catheters implanted within an array of four Helical Coil antennas in a 
3x3x2.5 cm human brain tumor that was located under 2.3 cm of normal brain tissue and with the antennas inserted through 
small burr holes in the skull. Two antennas had 2.0 cm long coils and two had 2.5 cm long coils in order to fit the irregular 
shaped tumor geometry. One mapping catheter was placed near the tumor periphery in the smaller lobe and the other catheter 
through tumor center. Note the close conformance of heating to the tumor extent as marked by vertical dashed lines along 
the two catheters. 
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Fig. 4 - Steady state temperature profiles along two catheters in a 2 cm square array of Helical Coil antennas implanted 
in brain tumor. Note the excellent localization of heating in tumor and sparing of overlying normal brain, skull and scalp 
tissues. FromStauffer26. 
Fig. 5 - Steady state temperature profiles along two catheters inside an array of12 dipole antennas with hA - 
3.5 cm junction-tip length and implanted 11 cm deep in an 8x8x5 cm neck tumor. Note the centrally peaked 
pattern which contributes to relatively poor coverage of the tumor with therapeutic temperatures. 

4. CLINICAL APPLICATIONS 

Potential clinical applications for implantable microwave antennas are extremely diverse. Regardless of tissue site, 
delivery of therapeutic heat from implanted microwave antennas may be considered either Hyperthermia Therapy (subtle 
heating generally <45°C for more than one 60 min treatment used as an adjuvant to radiation and/or chemotherapy for 
cancer) or Thermal Therapy (consisting of intentional tissue destruction from much higher temperatures for a single shorter 
heat session as sole therapeutic agent). Much of the early clinical experience with implanted microwave antennas was in the 
field of Hyperthermia for cancer therapy. For this purpose, it was generally required to implant an array of catheters at 1.5 - 
2 cm spacing throughout the tumor target in an attempt to produce uniform moderate temperatures between 42.5 and 45 and 
maintain the temperature for one hour or longer. This procedure requires very uniform temperatures to avoid unacceptable 
pain in the awake patients while bringing minimum tumor temperatures up to a therapeutic level. For use in brain tumors 
where there is no pain response from heat, some investigators have allowed temperatures as high as 50°C during 
Hyperthermia if it is known to be in tumor rather than in surrounding normal tissues n-96. Due to the critical nature of 
treating brain, implant catheters are placed stereotactically by the neurosurgeon following accurate CT-based treatment 
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planning and are normally within 1-2 mm of the desired position Because brain tumors that are candidates for implant 
therapy generally range from 1 - 3.5 cm in diameter, they tend to fall on the small side for 913 MHz dipoles which require 6- 
8 cm insertion in tissue beneath the skull, and a bit too large for typical 2450 MHz dipole antennas *7. The UCSF experience 
has found 915 MHz Helical Coil antennas to be ideally suited to heating brain tumors since they are easily constructed with 
coils in the 1-3.5 cm range that effectively restrict power deposition to deep lying targets of corresponding size without 
overheating normal dura, skull, and scalp tissues. Numerous investigators have used implanted microwave antennas for 
successful heat treatments of small targets (< 3-4 cm diameter) in sites such as brain, liver9*, bile duct", base of tongue, 
esophagus w, cervix 10° and perhaps most frequently of all sites - prostate l01*m. Attempts to treat larger volumes in the 
neck, breast, bronchus, esophagus, and extremities with 915 or 433 MHz microwaves have been problematic due to the lack 
of adjustability of heating pattern along the antenna length Longer helical coil antennas have been fabricated to heat the 
larger regions but they do not typically produce as uniform a heating pattern along the coil length ,03-1M. Fig. 5 shows 
thermal dosimetry results obtained during treatment of an 8x8x5 cm neck mass treated with a 12 implant array of dipole 
antennas placed freehand at about 1.5 cm spacing throughout the tumor mass. As discussed elsewhere ", there are generally 
better techniques available than implanted microwave antennas for treating targets larger than about 60-100 or? due to the 
lack of adjustability of wavelength dependent SAR variations along the antenna length. 

In recent years, there has been increasing attention on the use of microwave antennas for non-oncologic applications 
such as treatment of benign prostatic hyperplasia (BPH)10S, intra-aiterial thermal angioplasty l06, and cardiac ablation of 
arrhythmias •<"-><». These applications generally require a highly focused therapy with the intent to coagulate, ablate or in 
some way completely necrose the target tissue within a single heat session, often with the antennas inserted via natural body 
cavities for minimum trauma to the patient For these higher power ablative procedures, the microwave antennas provide 
advantages over radiofrequency electrodes in that desiccation of tissue near the antenna surface does not interfere with power 
deposition at distance, but rather increases the effective penetration due to reduced attenuation of the electromagnetic field in 
desiccated tissue and reduced blood perfusion cooling near the source. When the antennas are located in or near critical 
normal tissues such as rectum however, the microwave antennas are normally mounted in surface temperature controlled 
catheters to protect tissues within 2-3 mm of the antenna surface. 

The largest variables in determining optimum treatment configurations for a particular application are the target volume 
size, location relative to surrounding critical tissues, and heterogeneity of tissue properties. The targets may vary from small 
<2 cm3 lesions n to large >200 cm3 masses «■uo located either superficially or deep within the body. Tissue temperature 
distributions vary not only from non-uniform power deposition in heterogeneous tissue but also from dynamic changes in 
blood perfusion during heating. Treatnient oflargervolumes>60-100crrfU probably best left to external rieating 
or to one of the alternative interstitial modalities discussed elsewhere "■n. Because of power deposition directly in tissue at 
distance from the source, interstitial microwave antennas appear best suited for small to moderate size target volumes located 
near critical normal tissues where there is a need to minimize the number of implants. In addition to applications in easily 
reached superficial sites, microwave antennas have worked well for localized heat treatment of deep tissue targets in brain 
and prostate. The relative performance characteristics of dipole-based phase-modulated antenna arrays are compared with 
helical coil antenna arrays in Table 1. An expanded comparison of capabilities relative to alternative interstitial heating 
technologies is given in Stauffer32. 

5. SUMMARY 

Over the past two decades, development of implantable microwave antenna technology has produced a number of 
special purpose antennas which address a large variety of clinical requirements. Key developments in this evolution are 
listed below with reference to representative papers for more in depth study. Early work on clinical interstitial microwave 
hyperthermia systems was reported separately for frequencies of 915 MHz w, 2450 MHz ni, and 433 MHz «*. Clinically 
practical implantable antenna designs were developed, including dipole M- *>, multinode ", X/4 choke "■**■", variable 
diameter31- *, and helical coiliX "• "•,5 ,03 styles. Methods of improving the axial homogeneity and radial penetration of 
heat along the antenna, and/or protecting tissue immediately adjacent to the antenna were investigated, such as antenna 
surface cooling with circulating air59 or water 61-62. Improved uniformity of SAR within an implant array volume by cyclic 
modulation of phase differences between adjacent dipoles has been studied n- ^ n as well as tissue temperature monitoring 
and feedback control by multi-frequency radiometry from inside the interstitial antenna sources 76- "2. 

While providing overlapping capabilities, the present armamentarium of interstitial microwave antennas provides 
extremely useful flexibility of heating patterns for the wide range of clinical treatment requirements. Commercial 
implementation of developments such as computer control of individual antenna amplitude and phase adjustment, air or 
water surface cooling, and concurrent interstitial multi-frequency microwave radiometry feedback control should produce 
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significant gains in volume heating effectiveness of microwave dipole arrays. In the meantime, localization of heat into small 
tissue volumes at depth is readily accomplished with variable length Helical Coil antennas that effectively restrict heating to a 
cylindrical region around each implanted coil. While engineering developments continue, existing microwave systems are 
already capable of producing relatively uniform, well-localized hyperthermia of many deep tissue sites. In short, interstitial 
microwave technology appears primed and ready to begin new protocols aimed at maximizing the therapeutic potential of 
heat alone or heat combined with radiation and/or chemotherapy for treatment of well-localized non-superficial disease. 

Table 1. Comparative Evaluation of Heating Performance Characteristics 

Performance Characteristic Phase Modulated 
Dipoles 

Helical Coil 
Antennas 

Implant Spacing Requirements l|||||||||||ii|l|l|ji|| + 

Need for Parallel Alignment of Implant Catheters - •f + 

insertion Depth Independence S:'-:*:-:-:-:-:-:^ 4- 

Knowledge of Tissue Tmax within Arra> * «• •M ■*» 

Knowledge of Tissue Tjnm within Array *>:X::::£-:-:£::$&:;& * ** 

Current Accuracy of 3D Treatment Planning Hlllllillllllillll -- 

Potential Accuracy of 3D Treatment Planning |l|||||||||||i||||||| + 

Flexibility of Possible Heating Lengths ■!-:-:-:v:-:->:&:-:-:-:-:v™ + 

Tip Heating. Axial Uniformity ■■:?::::£->A-£->:*&^ + 

Heating Outside Implant Array Boundaries lillllllliiiBl:Bllll + 

Complexity and Expense of System :£:;:x::i:>:*& 4> 

Treatment Setup including Planning and Connections £:*:*:-:-:-:-:-:-:-:-:-:-:v^ + 

Thermometry Requirements - - 

Adjustability of Lateral SAR (Temp) Uniformity :iiiiiiiiiiiiiiiiiiiiii + 

Adjustability of Axial SAR (Temp) Uniformity v:-:-:-:-:-£::v:::v::£v&::::::::;:: 4>a 

Ease of Realtime Control of Arraj Heating Uniformity ■** t* 4-a 

KEX 
+ +   Strong advantage of technique 
+    Advantage of technique 

Disadvantage of technique 
Strong disadvantage of technique 

a     By replacing with a source of different heating length during treatment. 
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ABSTRACT 
A microwave applicator was developed and tested in a rabbit model, with the goal of developing a 

system to sterilize a human female through a transvaginal-transcervical-transuterine retrograde technique. 
The clinical procedure would create an occluding lesion in the isthmic portion of the human fallopian tube 
in an out-patient procedure. The microwave applicator consisted of a flexible coaxial cable from which the 
inner conductor was extended to form a resonant monopole antenna. The coaxial cable and monopole 
were placed within a sealed teflon catheter of 3 mm diameter. A second parallel catheter of 1 mm diameter 
was secured to the first to provide guidance for a microwave-immune thermometry probe. Following 
laparotomy exposure, the applicator was placed with a transvaginal-transcervical retrograde technique in 
each uterine horn in succession. The temperature was elevated to 65 °C for 5 minutes. Thirty days 
following treatment, there was marked constriction and discoloration of the treated site as well as 
significant architectural effacement of the tissue composing the uterine wall. In some cases, the uterine 
lumen was completely occluded. Future experiments will assess the tissue response to smaller thermal 
doses. 

Keywords: fallopian tube, occlusion, microwave, sterilization 

1.    INTRODUCTION 
Medical Significance 

Historically, sterilization has been the most widely used contraceptive method among married women, 
being used by approximately 17%. Approximately 400,000 non-pregnancy-associated tubal sterilizations 
have been performed annually1. At Dartmouth-Hitchcock Medical Center, approximately 200 tubal 
sterilization's are performed annually, with over half of these being non-pregnancy-associated tubal 
sterilizations. Assuming reliable contraception could be attained, it would be desirable to develop 
techniques of female sterilization as an alternative to laparoscopic/laparotomy tubal ligation. Possible 
advantages could be: 1) elimination of general anesthesia; 2) use of an outpatient setting; 3) reduced cost; 
4) increased simplicity and safety. For comparison, laparoscopic tubal ligation with cautery in general 
results in a failure rate of approximately two to six per thousand women. 

Investigators have been trying to occlude the fallopian tube transcervically since as early as 1849 
(Froriep method, silver nitrate solution).23 The transcervical techniques can be reduced to either: 1) 
destructive techniques; and 2) mechanical obstruction. Recently, Shuber described his attempts at tubal 
closure with methyl 2-cyanoacrylate (MCA) in the delivery system FEMCEPT in 35 women.4 On the fifth 
day of the woman's menstrual cycle, 0.6 cc of MCA was delivered without anesthesia in an outpatient 
setting. The balloon device, FEMCEPT, pushes the MCA from the uterine cavity and, ideally through 
both fallopian tubes. The procedure took less than five minutes to perform. Follow-up with continued 

' Further author information- 
email: b.stuart.trembly@dartmouth.edu; telephone: 603-646-2118; fax: 603-646-3856 

50 SPIE Vol. 3249 • 0277-786X/98/S10.00 



observation for 48 months has occurred in 15 patients, 42% of the total. Hysterosalpingography at 4 
months revealed that 88% of the patients had complete obstruction with no pregnancies reported in these 
patients. In this small group of patients no complications were noted. 

Although this procedure was easy, required no anesthesia, was performed in the outpatient department 
and was less costly than laparoscopic tubal ligation (LTL), there are some drawbacks. Its inability to 
cause bilateral obstruction in 12% of women in this series and 20% in other clinical trials brings to 
question its efficacy. In injecting the MCA, one is uncertain as to whether or not both tubes have been 
treated. Finally, although no complications have been reported to date, it is unclear what effect an 
accidental direct injection of MCA intravascularly would have. Other agents have been used, such as 
Quinacrine, which have a poor closure rate, requiring multiple applications. Hysteroscopy has been 
utilized to obstruct the fallopian tubes with either silastic plugs or intratubal devices. Although the 
pregnancy rates have been extremely low in those that are successfully occluded, 5-10% of the patients 
cannot have the device inserted or at least one device is expelled. As stated by one reviewer, the ideal 
hysteroscopic method has yet to be developed.5,6,7'8 

Apparently, Kocks in 1878 attempted the first transuterine tubal cauterization with the intent of 
sterilization. Most recently this has been attempted hysteroscopically, with electrocautery or with 
neodymiun, yttrium, aluminum garnet (Nd:YAG) laser, bipolar radio-frequency, and a combined approach 
with photodynamic therapy (PDT), and argon laser. This has not gained acceptance due to failure to 
occlude the tubes bilaterally in 33% of the patients as well as such complications as uterine perforation, 
ectopic pregnancies, bowel damage, peritonitis and even death. This method at present requires general or 
regional anesthesia, is "blinded" past the take-off of the tubal ostea; is comparable LTL in cost and not 
comparable to LTL in efficacy or safety. It also requires an experienced hysteroscopist.5 

Coaxially directed fluoroscopy9 and new fiberoptic technology (Linear Everting Catheter, LEC)10 now 
allow retrograde access to the human fallopian tube. The LEC provides a minimally invasive method to 
directly view the fallopian tube lumen without surgery, via a distensile membrane. This allows the safe 
passage of the fiberoptic viewing system through die uterus and into the fallopian tube. An energy 
delivery catheter could be placed in the fallopian tube via the same catheter used for visualization of the 
tube via the falloposcope. Alternatively, a catheter could be delivered coaxially over a guide wire which 
has been inserted through the fallopian tube under fluoroscopic direction. These procedures can be 
performed in a nonsurgical setting.910 In 1985, Platia and Krudy reported the first successful transcervical 
catheterization of one obstructed fallopian tube in a woman with bilateral tubal obstruction.9 This resulted 
in a subsequent pregnancy. They utilized the 3 French (0.99mm hole polyethylene catheter with a 0.018" 
pediatric guide wire). Today it is possible to hysterosopically access the Fallopian tube in a retrograde 
fashion10'12. We have investigated two means of energy delivery that could be used in a catheter placed 
by these techniques. Our experience with radio-frequency (RF) delivery is summarized below, and our 
study with microwave energy is described in detail in this paper. 

Anatomy 
The first two of the four segments that make up the human fallopian tube are the intramural and isthmic 

regions. The intramural segment, which enters the uterus, has a mean length of approximately 10 mm 
(range 9 to 17 mm). Its course is variable and can be straight, curved or tortuous . The next segment, 
the isthmic segment, usually receives the occlusive treatment at the time of laparoscopic tubal ligation; it is 
approximately 20 to 30 mm long and contains the narrowest lumen of the fallopian tube. The average 
inside diameter is 0.4 mm (range 0.1 to 2.0 mm). This portion also has the thickest musculature of the 
extra-uterine tube13. Measurements of the thickness of the wall of the isthmic portion of the human tube 
have not been published. However, an unpublished study of hysterectomy specimens in parous females 
states that the isthmic portion of the tube is approximately 3 mm to 4 mm in diameter, measured from 
serosa to serosa in the freshly excised state After stenting the tube with a 3-French catheter, the mucosa-to- 
serosa distance was found to be approximately 1.2 mm to 1.5 mm14. 
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Merchant, et a/.15, performed an anatomical study of the uterotubal junction, the intramural segment of 
the human fallopian tube10. The study consisted of 75 women who had undergone a hysterectomy 
because of uterine prolapse or dysfunctional uterine bleeding. They subjected the uteri to hysteroscopic 
visualization, hysterosalphingography, as well as gross dissection. Hysteroscopic visualization of the 
endometrial funnel, or pit, yielded measurements from 0.5 to 1.5 mm. Hysterosalphingography showed 
the tube was straight in 26-30% of the cases, curved in 30% of the cases, or convoluted in 40-44% of the 
cases, and its length varied from 4 to 14 mm. Histologically, as the intramural portion approaches the 
isthmus the longitudinal layer gets thinner while the outer circular layer thickens. The uterine musculature 
thins out markedly as the isthmic portion of the tube approaches. This could explain the bowel burns 
resulting from attempts at hysteroscopic tubal cauterization, since the bowel is in closer proximity. 
Merchant also hypothesized from his studies why caustic substances have not resulted in lower failure 
rates: 1) The wide endometrial funnel does not become completely obliterated. 2) In animal experiments, 
regeneration occurs in the endometrial funnel within one month. 3) Chemicals are not in contact with 
tubal epithelium long enough to result in permanent blockage. Rocca, et al, injected Latex into ten human 
hysterectomy specimens to examine the course of the intramural segment of the fallopian tube15. It 
appeared to have an "S-shaped course, neither identical in length and size, and with great variability in the 
degree of tortuosity." The length of the intramural segment varied from 9 to 17 mm, with a mean of 
approximately 10 mm. 

At our institution we found from a sample of hysterectomy patients that the isthmic portion of the 
fallopian tube is approximately 2 to 3 cm in length and contains the narrowest lumen of any segment of the 
tube. The range is from 100 microns to 2 mm with an average width of 400 microns. It also has the 
heaviest musculature of the extrauterine tube. The average thickness of the entire isthmic portion of the 
fallopian tube is yet to be reported, however. 

Previous Study 

In 1988, we began to develop a bipolar radio-frequency (RF) catheter which could be passed 
retrograde into the fallopian tube, either under fluoroscopic guidance, or under direct visualization 
hysteroscopically. Our ultimate goal was to produce an obstructing lesion in the isthmic portion of the 
human fallopian tube. To investigate the technique, we sought first to occlude the uterine horn of a cat 
using the bipolar RF catheters. The feline uterine hom closely resembles the human Fallopian tube. By 
creating an RF lesion, we attempted to destroy the epithelial surface and a specific depth of underlying 
submucosa-muscularis which would then result in the collapse, coalescence, fibrosis, stricture and 
occlusion of the uterine horn16. 

Our results indicated that the RF heating may have been self-limiting, in that charring on the surface of 
the applicator may have blocked the flow of RF current from the electrodes of the applicator and thus 
prevented further heating at a desirable depth. The result could be shallow damage to the uterine wall that 
would not result in occlusion or that would permit recanalization. Consequently, we have sought to 
develop a system that will not be self-limited in this way. A microwave applicator heats tissue through a 
physical mechanism that does not depend on the flow of current from a metallic conductor in direct contact 
with tissue. In fact, the energy may pass through an insulating outer layer of the applicator, which 
furthermore is biocompatible, for example, teflon. The mechanism of microwave heating of tissue is 
described in the following section. 

Mechanism of Microwave Heating 

The system we have developed elevates the temperature of living tissue through absorption of 
microwave energy. The energy is delivered by an applicator inserted into proximity with the tissue to be 
heated. The applicator contains a coaxial cable for transferring microwave energy from a generator outside 
the body to the site of heating without significant deposition of energy in overlying tissue. At the site of 
intended heating, the applicator contains a monopole antenna for coupling microwave energy to the 
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surrounding tissue without direct contact of a metal conductor with tissue. The monopole is embedded in 
a cylinder of insulating, biocompatible material, such as polytetraflouroethylene (teflon). 

At the site of intended heating, the oscillating current and charge on the monopole conductor produce 
oscillating electric and magnetic fields in the surrounding tissue. The oscillating electric field causes polar 
molecules in tissue, such as water, to rotate in place, generating frictional heating. The presence of an 
overlying layer of insulating material does not prevent the formation of electric and magnetic fields in 
tissue, because the length of the monopole is chosen to form a resonant or approximately resonant 
structure. Such a structure ensures coordination of the electric and magnetic fields such that they sustain 
themselves outside the applicator and thus radiate energy away from the applicator. The length of a 
resonant structure is inversely proportional to the microwave frequency and is inversely proportional to the 
square root of a weighted average of the permittivity (dielectric constant) of the insulating layer and the 
surrounding tissue. At 915 MHz or 2450 MHz (MHz = 10^ cycles/second), the length of an insulated 
monopole at or near resonance in tissue is one centimeter to several centimeters. These values of 
microwave frequency are those permitted by the FCC for use in industrial, scientific, or medical 
applications (ISM frequencies). At frequencies less than microwave frequencies, say less than 100 MHz, 
the length of a resonant structure would be unpractically long for use in the human body. Consequently, a 
low-frequency system, such as a radio-frequency applicator, must instead incorporate a metallic conductor 
in direct contact with tissue to permit the flow of a conduction current. This heats tissue through the 
translational motion of dissolved ions in tissue, not through the rotation of polar molecules. We found in 
our earlier study described above that the intense conduction currents produced at the surface of a metal 
conductor in contact with tissue may cause charring of tissue and hence poor control of the heating 
process. We have developed a system based on a different physical principle to avoid this problem. 

2.   METHODS 
Design and Construction of Microwave Applicator 

The microwave applicator is depicted in Fig. 1. In its simplest form, it consists of a 1.6 mm diameter, 
flexible, coaxial cable with an extension of the inner conductor to form a monopole at the location of 
intended energy deposition. The point at which the inner conductor emerges from the feedline is called the 
driving point, or junction. The coaxial cable is placed within one lumen of a custom catheter described 
below; a second lumen is available for a thermometry probe with which to measure tissue temperature. 
The theory of an insulated microwave antenna surrounded by tissue is described in King, et aV1. With 
this theory, the resonance length of the antenna can be computed as an inverse function of frequency. At 
the resonance length, the antenna deposits energy most efficiently. Preliminary calculations show this 
length to be approximately 3 cm at 915 MHz. In order to fit the anatomy of our subjects, it would be 
desirable to use a shorter monopole, as would be possible at a higher frequency, such as the next-highest 
ISM frequency of 2450 MHz. However, the 50 watt microwave generator available to us operates at 915 
MHz, and we investigated our technique at this frequency for practical reasons. 

We constructed the antenna from standard flexible coaxial cable (1.6 mm OD, 50 ohms), from which 
the outer braid was removed at the tip to form the monopole of resonance length. At the proximal end of 
the cable, we installed a standard, miniature microwave connector (SMA type) for connection to the 
microwave generator. The antenna was placed within a catheter of 2.2 mm outer diameter. We measured 
the impedance of the antenna over the frequency range 700 MHz to 1100 MHz with a Hewlett Packard 
Network Analyzer Model 8753C. The length of the distal section of the prototype antenna was trimmed or 
lengthened, as appropriate, to make the impedance purely real at 915 MHz. The voltage reflection 
coefficient was less than 0.1. 

To characterize the heating pattern of the applicator, we immersed it in tissue-equivalent phantom, a 
semi-transparent, viscous liquid mixture with the same conductivity and dielectric constant as soft tissue at 
microwave frequencies18. The applicator was secured to a sheet of liquid crystal, which indicates 
temperature over a 5 °C range with a calibrated color change (Edmund Scientific, Barrington, NJ). The 
liquid crystal sheet had a rectangular cutout to accommodate the applicator in a plane parallel to its long 
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axis. We photographed the liquid crystal sheet at 2 minutes after application of 30 watts of microwave 
power in order to visualize the heating pattern of the applicator. We found the length heated above 40 °C at 
2 minutes was a 3 cm zone extending 2 cm proximal to the junction. 

After the first heating of a rabbit, we constructed a second applicator in the form of a choked dipole in 
order to prevent significant energy deposition on the feedline. The choke consists of a new cylindrical 
conductor insulated from the feedline by a dielectric layer (Fig. 2). The new conductor is connected 
electrically to the feedline only at the antenna junction. The gap between the feedline and new conductor 
has a length of approximately a quarterwavelength; consequently, an approximate choke, or open circuit, 
is formed on the feedline, according to transmission line theory™. This approximate choke tends to block 
the microwave current that otherwise would flow on the feedline and heat tissue proximal to the target 
zone20. We refer to this applicator below as the choked dipole. This antenna was inserted in a catheter of 
3 mm OD. As noted above, the length of this heating zone may be greater than required ultimately in a 
clinical system and is a practical consequence of our use of 915 MHz in this study. The microwave 
applicator we designed allowed us to perform a pilot study of microwave heating in vivo. 

Other components in the heating system are the microwave generator itself, the microwave-immune 
thermometry system, and hardware associated with measuring and controlling microwave power (Fig. 3). 
The microwave generator (AMT Model 1120) produces 50 watts of microwave power in each of its eight 
channels. We used only one channel. The power is controlled manually by adjusting a dc voltage applied 
to the back panel of the generator. The dual directional coupler diverts one-hundredth of the power applied 
to the applicator to allow measurement of it by a power meter, this is referred to as forward power. It also 
diverts one-hundredth of any power reflected from the applicator for the same purpose. This serves to 
confirm normal operation of the applicator during a procedure, since reflected power is negligible when the 
applicator is functioning normally. A critical component is the microwave-immune thermometry system 
(Luxtron, Mountain View, CA). The fiber optic probe of this system is 0.5 mm in diameter, and it fits 
within the second lumen of our custom catheter. With it we can measure the temperature of tissue adjacent 
to the applicator during a treatment to confirm conformance to our treatment protocols described below. 

Animals 

We chose anestrus rabbits as the animal model for the following reasons: the uterine horn of the 
anestrus rabbit is similar in size and shape to the isthmic segment of the human fallopian tube; the animal 
can be maintained easily in anestrus; experimental manipulation is technically easy and morbidity tends to 
be extremely low; and the animals are colony bred, can thus allowing selection for age and weight 
uniformity. This study was approved by the Dartmouth College Institutional Animal Care and Use 
Committee (IACUC). 

Pre-estrous female rabbits (3.5 to 5 kg) were purchased from Milbrook Farms (Amherst, MA). All 
treatments were performed under general anesthesia, which consisted of ketamine/xylazine (2.0/0.2 mg/kg 
IM) induction followed by intubation and maintenance anesthesia (1.5% halothane/100% oxygen). All 
rabbits were prepared for laparotomy using standard aseptic techniques. A midline incision was made, 
then the bladder was elevated out of the incision and separated from the lower uterine segment. The uterus 
was isolated, and connective tissue was dissected away to allow a nearly straight insertion into one uterine 
horn with a transvaginal-transcervical approach. The microwave catheter was then inserted. The uterine 
hom was isolated thermally from adjacent bowel and bladder by saline-filled balloons packed around the 
horn. After the microwave heat treatment, an ovariectomy was performed. 

All animals survived the experimental treatments without serious morbidity, and were sacrificed with 
intravenous KC1, following deep anesthesia, at 31 (± 4) days after treatment. Immediately following 
euthanasia, each uterus was removed en bloc and hysterosalpingographic guidance was performed ex 
vivo. The tissue was placed in neutral 4% neutral buffered formaldehyde and submitted for histologic 
processing. Five tissue sections were taken from the lesioned or control segment in each hom. 
Representative histologic sections were taken through the treated region, as well as proximal and distal to 
the treated area. 
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Treatment Protocol 
Rabbit I was treated with the unchoked monopole (Fig. 1) in both uterine horns. In the left horn, a 

maximum temperature of 65 °C was maintained for 10 minutes by applying 7 watts of forward microwave 
power at 915 MHz. In the right horn, a maximum temperature of 70 °C was maintained for 5 minutes by 
applying 10 watts of forward microwave power. The reflected power was approximately 10%. 

Rabbits II through IV were treated with the choked dipole (Fig. 2) in both uterine horns. The target 
temperature, time at target temperature, and microwave power for each horn in each subject are shown in 
Table 1. Reflected power was approximately 10%. In five of the six treatments in Rabbits II through IV, 
the temperature distribution adjacent and parallel to the microwave catheter was measured in the steady- 
state. 

Table 1. 
Summary of Rabbit Treatments 

Rabbit Applicator Horn Target Time Power 
I Unchoked left 65 °C 10 min 7W 

right 70 °C 5 min 10 w 
II Choked left 65 °C 5 min 33 W 

right 75 °C 8 min 50 W 
m Choked left 65 °C 6 min 40 W 

right 55 °C 5 min 20 W 
IV Choked left 70 °C 5 min 30 W 

right 70 °C 5 min 30 W 

3. RESULTS 
The longitudinal temperature distribution measured in the steady-state at the surface of the microwave 

catheter had a maximum value located approximately at the antenna junction; temperature values decreased 
distal and proximal to the junction. To quantify the length of the temperature distribution, the value of 
body temperature was subtracted from the maximum temperature, and this value was divided by two to 
yield a quantity defined as AT50. The length along the applicator surface at which temperatures above AT^, 
were measured was defined as L50. For five treatments with the choked dipole, the average value of L '50 
was 5.3 cm ± 0.8 cm. 

Lesions were observed on the serosa of the uterine horn immediately after treatment. The average 
length of lesion was 3.8 cm ± 1.5 cm, and the location of the lesion center was on average 1.6 cm ± 0.5 
cm proximal to the applicator junction (Fig. 2). The lesions did not extend around the entire circumference 
of the horn, but instead involved a quarter or half arc of a circle. No charring of tissue was observed at 
any location in any of the treatments. 

After sacrifice, gross assessment of the treated uteruses showed pale discoloration and a markedly 
reduced circumference of the treated segment of uterus horn. The normal uterine anatomy, which contains 
numerous folds and villi covered by specialized columnar epithelium on the surface and numerous glands 
in the submucosa (Figure 4). By contrast, the 30-day post-treatment uterine horns showed very marked 
edema and vascular dilatation resulting in significant thickening of the submucosa, near complete loss of 
the submucosal glands and the covering epithelium and the influx of a mixed inflammatory infiltrate. 
These pathologic changes generally resulted extensive architectural effacement of the inner portion of the 
uterine wall anatomy and occlusion of all or part of the lumen space (Figures 5 & 6).  In some cases, the 
tissue damage and resultant healing were significant enough to cause complete occlusion of the lumen. In 
these instances, the lumen and adjacent tissues were completely replaced by fibrosis and inflammation. 
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4.   DISCUSSION 
In the first rabbit, acute blanching of the overlying bowel was observed, indicating significant thermal 

damage beyond the target tissue. In subsequent experiments, the uterine horn was isolated thermally to 
allow us to study the target tissue only. In later studies we must reduce the thermal dose, while still 
producing blockage of the horn, or devise a modified technique to avoid thermal damage to overlying 
bowel. In contrast to the effects of RF heating, no charring of tissue was observed. The length of the 
heated zone we observed was suitable for a study of tissue effects, but it may be too long for tubal 
occlusion in a human patient. In future studies, we plan to use a generator operating at 2450 MHz, since 
the resonance dipole length and hence value of L^ will decrease in inverse proportion. External lesion 
formation appears to be sensitive to the degree ofcontact of the applicator within the horn, since lesions 
did not form around the entire circumference. However, this did not seem to affect effacement or internal 
occlusion of the horn. 

We believe that highly-controlled microwave hyperthermia may be used to safely and effectively 
occlude the human fallopian tube in an out-patient setting. While indicating the need for further refinement 
and extensive testing, the results presented here suggest not only that the anestrous rabbit uterus is an 
appropriate and useful animal model for studying human fallopian tube occlusion, but that complete tubal 
occlusion can be produced accurately and effectively with the appropriate microwave applicator. Our 
initial experimental treatments were not without complications, including acute blanching of the bowel 
overlying the treated portion of uterus. This effect demonstrated the potential for significant thermal 
damage beyond the target tissue if an inappropriate thermal dose was used. In subsequent experiments, 
the uterine horn was isolated from the bowel to allow for a more intense study of the microwave 
hyperthermia effects in the target tissue (uterus), without the risk of damaging a critical organ. 

The pathologic changes resulting from our treatment are similar to changes seen with other types of 
energy (laser, PDT, cryotherapy, caustic substances etc). However, we believe microwave hyperthermia 
treatment can be more precisely controlled in this setting than other currently available energy sources can 
be. This is especially important in an environment which contains a number of cell types with different 
thermal sensitivities, and, potentially, very sensitive bowel tissue immediately adjacent to the structure 
being treated, the fallopian tube. 

It now seem clear that for this treatment to be effectively tested in a clinical setting, we must continue to 
temporally reduce and refine the thermal dose and pathology, while improving on the uniformity and 
degree of the tubal blockage. The occlusion must have sufficient length and mass to prevent recanalization 
of the occlusive scar (fibrosis) and produce absolute, permanent blockage of sperm and egg migration 
along the tube. Our current studies are designed to modify and optimize device placement and the safety 
and efficacy of the heating technique. 

5.   CONCLUSIONS 
A microwave applicator within a 3 mm OD catheter has been developed for inducing thermal blockage 

of the uterine horn of a rabbit. When a maximum temperature of 70 °C was maintained for 5 minutes, the 
architecture of the uterine horn was completely effaced four weeks after treatment. During the treatment, 
no charring of tissue occurred and no associated self-limiting of heating occurred, as has been observed 
with radio-frequency applicators. Overlying bowel was damaged during one treatment, in which the 
uterine horn was not thermally isolated. In future studies, smaller thermal doses delivered by a 2450 MHz 
generator will be studied with the aims of attaining blockage of the horn without effacement of the tissue 
and the aim of avoiding damage to overlying bowel tissue. 
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Fig. 4.  Normal Uterus 

Fig. 5.  Occluded Uterus 
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Fig.   6.     Occluded Uterus  (High magnification) 
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Microwave Catheter Ablation for the Treatment of Atrial Flutter 

Dany Berube and L. Bing Liem 
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1. INTRODUCTION 

In the past several years, there has been an increasing interest in the use of advanced energy modalities such as microwave 
for ablation of more complex cardiac arrhythmia including atrial flutter, atrial fibrillation and ventricular tachycardia. It 
has been demonstrated that microwave energy can produce larger and deeper lesions than radio-frequency (RF) energy and 
therefore clinicians worldwide are interested in using microwave ablation. Thus, the development of efficient microwave 
generators, catheters and applicators that are well adapted for cardiac tissue ablation is essential. This paper pertains to the 
physical properties of tissue at microwave frequencies, the theoretical background of microwave ablation and the initial 
clinical results obtained with the Fidus's microwave ablation system. 

2. THEORETICAL BACKGROUND 

In the last decade, the treatment of cardiac arrhythmias has been revolutionized by the success of catheter ablation. The 
technique consists of positioning the tip of the catheter on the arrhythmogenic substrate at the endocardial surface and 
delivering RF current at 500 kHz between the electrode at the tip and a large ground electrode on the skin. The flow of RF 
current causes an increase in tissue temperature by means of conduction losses, resulting in irreversible damage to the 
myocardial cells. The success rate obtained with this technique is very good for simple arrhythmias such as the Wolff- 
Parkinson-White syndrome where the target for ablation is small and superficial. However, for the treatment of more 
complex arrhythmias such as atrial fibrillation or ventricular tachycardia, which require larger and deeper lesions, the 
results obtained with RF ablation are disappointing. Even for atrial flutter, where RF ablation is reasonably successful, the 
recurrence rate is still quite high, reportedly at 30% and 45% ''2'3- Furthermore, the procedure time using RF ablation can 
be relatively long, up to2 to 4 hours. 

McRury et Haines 4 provides a good synthesis of the thermal and electrical phenomena with RF and other modalities. Since 
power deposition decreases by 1/r4 where "r" is the radial distance from the RF electrode, it would be difficult to reach a 
deep substrate with RF ablation. Kaouk et Al. 5 has demonstrated that using the same power output and applicator 
geometry, lesions obtained with microwave energy are larger than those obtained with RF energy. Such differential results 
are consistent with the physical processes involved with the respective ablation techniques. In RF, the electrical resistance 
to the conducted current causes tissue heating. With microwave, which uses a much higher frequency, heating is caused by 
dielectric losses that are typically higher than resistive losses. These dielectric losses are caused by the oscillation or the 
rotation of water molecules when they are exposed to electromagnetic (EM) radiation emitted by the energy applicator of the 
catheter. The energy is thus carried by two different entities: conductive current for RF ablation and EM radiation for 
microwave ablation. The energy coupling to the tissue is different when comparing conductive current and EM radiation, 
which explains why lesions produced by microwave are larger and deeper than the lesions created by RF energy for the 
same output power. Another advantage of the microwave applicator is the antenna. Its structure can be designed to radiate 
in a manner that produces lesions shaped as required for the treatment of a specific arrhythmia. The production of long and 
deep lesions using only one (or few) energy applications would reduce the procedure time and improve the practicality of 
arrhythmia treatment. 

In order to help understand and model the deposition of microwave energy inside the myocardium, the complex permitivity 

(e* = £•'-/•£") has been measured within the frequency range of 915 MHz and 6.44 GHz and a temperature range 

between 37°C and 60°C by using a reflectometry technique. The virtual line model 6 has been used to calculate a* from the 
complex reflection coefficient (g*) obtained at the end of an open-ended coaxial cable and a sample of myocardium by a six- 
port reflectometer. Beruta et Al. 7 has demonstrated that this model is the most accurate for the measurements of e* when 
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the sample under test has high dielectric losses. The measured pennitivity of healthy myocardium was s' = 57 -14 • j at 

2.45 GHz, while for the blood was s* = 58 -16/. Those values remained constant with changes of temperature at 2.45 

GHz. Therefore, in a real application, the efficiency of the energy deposition in the myocardium dees not change with time 
as the temperature of the tissue increases. At lower and higher frequencies, variations of the complex pennitivity with 
temperature have been observed. These measurements have been used to describe the dielectric properties of the 
surrounding medium of the antenna during the design process of the applicator. 

3. MICROWAVE APPLICATOR 

The microwave applicators used by Fidus Medical Technology are made with helical antennas as shown in Figure 1. 

Figure 1: A sketch of the helical antenna 

The antenna consists of a coaxial cable where the outer conductor has been removed in order to add the helical antenna. 
This antenna is soldered to the inner conductor of the coaxial cable at the distal end and to the outer conductor at the 
proximal end. An electrode ring is positioned at die end of the applicator for myocardial recording and pacing. All 
components are covered with a biocompatible dielectric. 

In order to maximize the efficiency of the applicator, view the EM field, and understand the potential penetration depth of 
the microwave energy, the HFSS* (High Frequency Structure Simulator) has been used. This software uses a finite element 
method to solve Maxwell's equations for the defined geometry. Five steps are required to solve these equations. The first 
step is to draw all of the physical elements of the applicator, as well as the surrounding medium. The second step is to 
define the physical properties of these elements. The metallic parts have been defined as perfect metallic conductors and 
the complex pennitivity of all the dielectric components has been specified in the simulator. The complex pennitivity of the 
blood was obtained by the method described in 6. The third step is to define the boundary conditions and the input port. 
The input port is defined at the entrance of the coaxial cable, specifying the use of the TEM mode. The antenna is drawn in 
a rectangular box, which is defined as having the dielectric properties of Mood. The box dimensions are 0.5" x 0.5" x 1.25". 

MadebyAnsoft. 

62 



Its boundaries are defined as radiative, meaning that none of the incident EM radiation reaching the boundary is reflected 
back. This condition is used to simulate the propagation of EM radiation in an infinite medium of blood. Because of the 
size of the rectangular box and the high losses in the blood at microwave frequencies, the incident energy at the boundary is 
very low. The fourth step is to define the frequency band where the problem is to be solved (2.45 GHz for this case), the 
kind of mesh needed for solving, and the convergence criterion. The last step is to solve the problem itself, using an 
adaptive process to arrive at the solution. The simulator divides each part of the model into small elements: the meshing 
process. It then solves Maxwell's equations and calculates the Sn parameter at the defined port. In regions where the 
electrical field gradient is determined to be significant, the mesh is refined and the software solves the problem a second 
time, this time determining the electrical and magnetic field as well as the Sn parameter. If the difference between the Su 

parameter obtained during this pass and the previous pass is less than the convergence criterion, the software stops the 
process and the solution is retained. If not, this process continues until the convergence criterion is met. 

The EM field and the adaptation of the applicator shown in figure 2 have been obtained using this technique. The active 
length of the applicator and the number of turns of the helix have been modified in order to obtain a resonant frequency of 
2.45 GHz when the structure is surrounded by blood. The simulated Sn parameter of the final configuration is -13 dB, 
which means that 1/20* of the power is reflected at the interface between the coaxial cable and the antenna. This result is 
in agreement with the values measured on prototypes using the network analyzer. The magnitude of the electric field, 
shown in gray scale in figure 2 and in relief in figure 3, is based on an incident power at the input port of 1 Watt. The 
energy is concentrated all along the antenna, which has a physical length equal to two times the wavelength. The energy is 
also present at the unipolar electrocardiogram electrode, allowing the catheter to produce an ablation at the same location 
where electrocardiogram recording takes place. Figure 3 shows that the energy can penetrate up to 5 mm inside the 
myocardium when the output power is 1 Watt. The energy deposition of the catheter is higher at the four hot spots, but the 
lesions produced by the catheter will be more continuous than the radiation pattern because of thermal flow within the 
myocardial tissue. The figures show that it is possible to produce a deep lesion of 20 mm in only one energy application 
when the contact between the endocardium and the energy applicator is adequate. 

4. PRELIMINARY CLINICAL RESULTS 

Because microwave technology has shown promising characteristics, a microwave system was developed by Fidus, and 
clinical tests were conducted with the system for the treatment of simple and complex arrhythmias. For the treatment of 
atrial flutter, helical antennas 18-mm in length were positioned across the isthmus between the inferior vena cava and the 
tricuspid annulus resulting in lesions of adequate length and depth to terminate the arrhythmia.8 To efficiently eliminate 
isthmus conduction, which is the cause of atrial flutter, lesions must be on the order of V/i to 3 cm in length. Because 
lesions produced by RF are smaller and shallower, many more are required to ablate an equivalent volume of tissue, and 
thus procedures can take many hours. Initial results using microwave have shown promising results, with several patients 
cured in less than one hour. The ablation process created effective lesions using only a few applications of microwave 
energy, resulting in improved procedure times. 

If indeed microwave ablations can create deeper and longer lesions in the myocardium, the technology can greatly enhance 
the success rates for other complex cardiac arrhythmia treatments. For example, atrial fibrillation is a very common 
arrhythmia associated with significant morbidity that remains difficult to treat with drugs and current technologies. 
Because with microwave ablation linear lesions can potentially be accomplished within a reasonable amount of time, 
catheter-based maze procedures for atrial fibrillation would be feasible. 

63 



1000 V/m 

I 
300 V/m 

z-30mm 

0     V/m 

z*0mm 

Figure 2: Magnitude of the electrical field (P *= 1 W) 

s   o 

Figure 3: Magnitude in relief of the electrical field (Pk=lW) 

64 



[1] Gregory K. Feld et Al; "Radiofrequency Catheter Ablation for the treatment of human type 1 atrial flutter (Identification of a critical 
zone in the reentrant circuit by endocardia! mapping techniques)", Circulation, Vol. 86, No. 4, October 1992, pp.1233-1240. 

[2] Francisco G. Cosio et Al.; "Radiofrequency ablation of the inferior vena cava-tricuspid valve isthmus in common atrial flutter", The 
American Journal of Cardiology, Vol. 71, March 1993, pp.705-709. 

[3} Michael D. Lesh, George F. Van Hare et Al., "Radiofrequency Catheter Ablation of Atrial Arrhythmias, Results and Mechanisms", 
Circulation, Vol. 89, No. 3, March 1994; pp. 1074-1089. 

[4] I. D. McRury, D. E. Haines, "Ablation for the treatment of arrhythmias", Proceedings of the IEEE, vol. 84, No. 3, pp. 404-416, March 
1996. 

[5] Z. Kaouk, A. Kheber, P. Savard, "A finite element model of a microwave catheter for cardiac ablation", IEEE Transactions on 
Microwave Theory and Techniques, vol. 44, no. 10, pp. 1848-1854,1996. 

[6] Fadhel M. Ghannouchi, Renato G. Bosisio, "Measurement of microwave permitivity using a six-port reflectometer with an open- 
ended coaxial line", IEEE transactions on instrumentation and measurement, Vol.38, No.2, pp. 505-508 April 1989. 

[7] D. Berubd, F.M. Ghannouchi, P. Savard, "A comparative study of four open-ended coaxial probe models for permitivity 
measurements of lossy dielectric/biological materials at microwave frequencies", IEEE Transactions on Microwave Theory and 
Techniques, vol. 44, no. 10, pp. 1928-1934,19%. 

[8] Liem L. B. et al, "Microwave ablation facilitates bidirectional block at the inferior vena cava - tricuspid annulus Isthmus" 
Circulation, 1997:96:1-258. 

65 



66 



SESSION 3 

Therapeutic Laser and Argon Devices 

67 



Tissue Effects of Argon Gas Flow During Electrosurgery 
Christiaan F.P. van SwolU, Remco J. van Vliet2.3, Matthijs G.M. Grimbergen2 and Rudolf M. Verdaasdonk2 

!Dept. of Urology and 2Dept. of Clinical Physics, University Hospital Utrecht, The Netherlands, and 
3Dept. of Clinical Physics, Dr. Daniel den Hoed Cancer Center, Rotterdam, The Netherlands 

ABSTRACT 

Argon gas-enhanced electrosurgery has recently been introduced for its potential beneficial effects on hemostasis 
during electrical cutting. In this study, the influence of argon gas on electrosurgery on tissue was investigated. 

A standard electrosurgery unit was used extended with a gas unit (GSU) and accommodated handset, which 
enabled a flow of argon blown along the electrode in contact with tissue. The temperature distribution was 
visualized in polyacrylamide gel using a color-Schlieren technique. Bovine tissue was used to evaluate the 
macroscopic effect of the lesions. The electrode was moved over the tissue surface with different settings for 
speed, gas flow, gas-outlet positioning and depth of the electrode in the tissue. 

During cutting, coagulation was significantly increased using argon gas; coagulation on both sides of the track 
ranging from 1.0 mm without argon flow up to 4.5 mm with argon flow could be obtained. Changing the gas flow 
from laminar to affected neither the coagulation nor the cutting. The extent of the coagulation depended on the 
combination of power and distance of the gas-outlet to the tissue. The coagulation depth beyond the bottom of the 
tracks was not influenced by argon and remained less then 1 mm. 

Argon gas-enhanced electrode surgery is especially effective when just touching the tissue thus obtaining a 
superficial coagulation (and hemostasis) of the surrounding tissue. 

1.   INTRODUCTION 

Electrosurgery equipment is used to control bleeding during surgical procedures by coagulation of tissue. A high- 
frequency electrical current is generated inside tissue resulting in heat dissipation. The local temperatures on and 
inside the tissue depend mainly on the pathways of lowest resistance. Argon gas enhanced electrosurgery is 
becoming increasingly popular as it may have beneficial effects on hemostasis during cutting. The working 
mechanism is still not clear but the effect might be ascribed to argon gas influencing the electrical resistance 
between electrode and tissue. 

2.   MATERIAL AND METHODS 

2.1 Argon-Enhanced Electrosurgery 

For argon-enhanced electrosurgery a standard electrosurgery unit is extended with an accommodated handset and a 
gas unit (GSU). The electrode in the electrosurgery handset could be set in eight different positions towards the end 
of the gas-outlet, three were compared: 6, 13 and 21 mm. The argon flow from the GSU was set at 0, 5 and 9 l/min. 
The experiments were performed at 25 and 40 W output power of the electrical generator and for both needle and 
blade electrodes. 

2.2 The Schlieren set-up 

The set-up of the Schlieren technique has been described before1.2 m<i WJU be discussed briefly. Using the 
Schlieren technique a parallel beam of light transits an object plane where a temperature gradient is present. Rays 
are deflected due to very small changes in the refractive index caused by this gradient. The deflected rays are color 
coded and are presented in real-time 'thermal' images. By blocking the non-deflected rays only deflected rays will 
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contribute to the image at the image plane. This results in a contrast enhancement of the image due to subtraction 
of the background light. The rays are color coded by a filter consisting of concentric rings colored in rainbow 
order. The Schlieren set-up was calibrated using a known heat source with geometry similar to the electrosurgery 
sources. A 10% PAA-gel (PolyAcrylAmide) was used as phantom tissue. This gel is highly transparent (essential 
for Schlieren techniques) and is assumed to have thermal and electrical characteristics similar to "real" tissue. In 
these experiments the GSU handset was translated in contact with the phantom tissue in the object plane and real 
time Schlieren images of the heat distribution were obtained. The experiments were performed at four different 
speeds: 1,2, 3 and 4 mm/s. 

2.3       Tissue experiments 
Bovine tissue was exposed under similar conditions and settings as the experiments for the thermal imaging. The 
translation speed was set at 4 mm/s because it was most comparable to the clinical situation. After tracks in the 
tissue had been formed with the needle or blade, photographs were taken of each track so the extent of the 
coagulation zone around it could be measured. 

3.   RESULTS 

3.1       Schlieren images 
The Schlieren images of the needle and the blade on the phantom tissue show the extent of the heat distribution in a 
range of 1.9 to 3.2 mm measured from the tip of the electrode into the tissue. The depth of the heat distribution 
around the electrode varied depending on the position of the electrode in the handset, the argon flow and the depth 
of the electrode into the tissue. When the distance between the tip of the electrode and the gas-outlet decreases, the 
heat distribution around the electrode becomes larger (not only superficial but also in depth). The extent of the heat 
distribution decreases when the argon gas flow increases from 5 to 9 1/min. When the electrode is placed on the 
tissue and the depth of the electrode increases during cutting the effect of the argon flow decreases. When the 
depth of the electrode exceeds 2.5 mm the argon flow has minimal effect and the heat distribution is similar as in 
the no argon flow case. The different electrodes ,the needle and the blade, show a similar heat distribution in depth. 
The superficial heat distribution is larger for the needle when argon is used. 

Figure 1:    Schlieren image of needle in contact with tissue (moved from left to right, 40 W. 
translation speed 2 mm/s, argon flow 5 1/min. and gas-outlet is positioned at 13 mm above 
tissue) 

3.2       Tissue experiments 
The coagulated area around the lesions of "real" tissue are classified in two zones: coagulation depth and 
coagulation width of the track. In all measurements the largest coagulation zone is taken and the average of these 
measurements is presented in figure 2. 
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Figure 2: Extent of coagulation zone with 25 W (top) and 40 W output power (bottom) 

The coagulation depth at the bottom of the track seems to be independent of the presence and flow rate of the argon 
flow. However, the coagulation width next to the track varied significantly. The coagulation zone tend to increase 
with argon flow. However when argon is used, a flow of 5 l/min. produces a larger coagulation zone then a flow of 
9 l/min. Comparing the different handset positions the difference showed to be negligible when no argon was used. 
When argon was used positioning of the gas-outlet at 6 mm above the tissue produced the largest coagulation zone. 
The depth of the track seemed to have no significant influence on the total coagulation (depth and width). 

4.   DISCUSSION 

4.1       In-vitro effects of Argon gas on tissue 

The effect of argon is in general a larger superficial coagulation zone, however the effect depends on various 
parameters: 

Power: without argon gas flow, the coagulation zone for power settings of 25 and 40 W are almost similar. 
However, in presence of an argon flow, the extent of the coagulation zone at 40 W is almost two times larger 
compared to 25 W. At the higher power, the sparks reach further away from the electrode contributing to the 
coagulation width. 

Gas flow rate: The coagulation zone created using an argon flow of 9 l/min. is approximately 1 mm smaller 
compared to the coagulation zone using a flow of 5 l/min. This might be attributed to the transition from a laminar 
to a turbulent gas flow. Due to the turbulence, the argon gas concentration along the electrode might have 
decreased and change the mechanism of sparking between electrode and tissue3. 
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Depth of the track: Studying the effect of argon in the Schlieren set-up, the thermal distribution proves to be 
dependent on the depth of the electrode into the tissue. However, this observation was not supported by the extent 
of the coagulation zone in real tissue. Probably, the imaging is more sensitive and will show a larger area of tissue 
that is effected by heat but not till the point of coagulation. Polarization microscopy is a method to enable 
visualization of thermal damage in tissue resulting in tissue necrosis. 

Distance of gas outlet: The influence of the distance from the gas-outlet to the tissue was consistent in the 
Schlieren set-up and the tissue experiments. The coagulation decreases when the outlet is moved away from the 
tissue. This can again be ascribed to the dilution of the argon gas concentration around the electrode. 

4.2       Extrapolation to the clinical situation 
Clinical experience shows a large superficial coagulation when argon gas is applied, enhancing fulguration effects 
This phenomenon was less prominent in the in-vitro experiments presented. There are two possible explanations: 

• The in-vitro experiments were performed with the electrode in contact with the tissue while in the clinical 
situation fulguration is achieved in 'minimal' contact to obtain a large superficial coagulation zone. 

• There was no working micro-vascular structure or blood present in the in-vitro tissues. In the in-vivo situation, 
the blood in the micro-vascular structure attract the sparks due to a lower impedance. However, at the higher 
power settings, this vascular structure will be shut down almost immediately, coming closer to the in-vitro 
situation 

5.   CONCLUSION 

The extent of the coagulation zone depended on gas flow rate in combination with power and the distance of the 
gasoutlet to the tissue. The color Schlieren technique was effective to visualize the influence of gas flow, position 
of the gas-outlet, output power and depth of electrode in the tissue. Argon gas-enhanced electrodes showed to be 
especially effective just touching the tissue to obtain a superficial coagulation of the surrounding tissue 
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ABSTRACT 

The Cavitron Ultrasonic Surgical Aspirator (CUSA) is being used, especially in neuro- and liver 
surgery, to resect selectively soft and hard tissue in favor of elastic tissues like blood vessels, 
enabling the removal of tumors with minimal loss of blood. In this study the phenomena 
associated with CUSA were visualized to expand the understanding of the mechanism of action 
of the CUSA. Real-time high-speed imaging techniques were applied to capture cavitation 
phenomena during application of the CUSA under physiological settings: in water, at tissue 
surfaces and inside artificial tissue. Close-up photography using a 1 ^is flashlight showed the 
expanding and imploding cavitation bubbles around the rim of the ultrasonic vibrating hollow tip. 
Shock waves generated by imploding cavitation bubbles were observed using Schlieren 
techniques with a temporal resolution of 10 ns and synchronized with the duty cycle of the 
vibrating tip. In addition, thermal effects associated with friction between the vibrating tip and 
tissue were visualised using a thermal imaging technique. The CUSA mechanism has proven to 
be a combined effect of cavitation induced fragmentation, mechanical cutting and thermal 
deterioration of tissue depending on the irrigation/aspiration flow, intermittent vibration regime 
and degree of tissue contact. The impact of the shock waves observed is undetermined yet. These 
real-time imaging techniques will contribute to expand the understanding of the working 
mechanism of CUSA and to show the characteristics of probe designs and influence of driving 
frequency. 

Keywords: CUSA, cavitation, ultrasonic therapy, ultrasonic surgery, ultrasonic aspirator, shock 
wave, high speed imaging techniques, thermal imaging techniques 

1. INTRODUCTION 

1.1 Ultrasonic Surgery 
Beside its diagnostic capabilities, ultrasound is also being used for therapeutic purposes. High 
energetic ultrasonic waves can be focussed from outside the body onto specific targets within the 
body with high accuracy. The mechanical forces induced at the focal area are strong enough to 
break stones as it is being used for lithotripsy in the kidney. In contrast with these usually big 
medical devices, ultrasonic forces can also be generated at much smaller scales. Ultrasonic 
cavitation surgical instruments are small handheld devices with specific characteristics for precise 
tissue resection. They are mostly applied in neuro surgery ' 2 and liver surgery 3 4 for selective 
resection of soft and hard tissue in favor of elastic tissues like blood vessels. This enables the 
removal of tumors with minimal loss of blood since the vasculature remains intact while 
removing the surrounding tissue. There are several systems on the market based on this principle 
with similar characteristics. One of pioneering systems in this type of surgery is called the 
Cavitron Ultrasonic Surgical Aspirator or abbreviated CUSA. 

* Further author information: R.V. (correspondence): email R.M.Verdaasdonkfq)id.azu.nl. website 
http://www.urolog.nl/lasercenter. tel: 31-30-2507302, fax: 31-30-2542002 
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2. DESCRIPTION CUSA SYSTEM 

The system consists of a console containing the power supply, control panel, fluid irrigation and 
suction unit with reservoirs connected to the surgical handpiece. In the handpiece, a transducer is 
activated by electrical energy, which induces laminated metal strips to expand and contract under 
influence of a magnetic field (magnetoconstriction). By alternating the electrical current in a coil 
surrounding the metal sheets, the transducer is generating vibration waves with a typical 
frequency of 23 kHz. These waves are passed to a 100 mm long conical titanium needle which is 
hollow. Due to its shape the original longitudinal vibration amplitude of around 10 um is 
amplified to 350 urn expansion and contraction at the 1.9 mm diameter tip of the needle. The 
hollow titanium needle is enveloped by a plastic sheath through which saline is flushed which 
acts as a lubricant and cools the needle. Through the hollow shaft, the irrigation fluid is sucked 
away together with dissected tissue particles. Due to this irrigation, there is always a small film of 
fluid present in the operation field. During surgery the needle is in light contact with the tissue 
providing 'tactile feedback'. The aspirated tissue can be used for hystopathology5. 

vibrating hollow titanium tip 

i 

350 urn 

aspiration 

Protective: 
"flue" 

irrigation 

Figure 1: CUSA handpiece with schematic of tip 

3. PHYSICS OF CAVITATIONAL SURGERY 

Looking close-up to the needle as show in figure 1 we can imagine a metal ring is moving in and 
out a fluid like environment at very high speed. A simple calculation shows that the average 
speed of the needle tip is 16 m/s. There are various mechanisms that might be induced by this 
moving 'tube'6 7. 
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3.1 Pressure waves 

Ultrasonic waves can induce negative and positive pressures in the fluid and the surrounding 
tissue. Depending on the magnitude the pressure wave can 'break' the molecular cohesion in the 
fluid or tissue resulting in gas bubbles. The original size of the bubble will determine its lifetime. 
Smaller bubbles will resolve or implode directly, while bigger bubbles can expand and compress 
in a cyclic way induced and sustained by the ultrasonic energy emitted by the vibrating needle tip. 
At a molecular level, the difference between hard, elastic and soft tissue would explain the 
selectivity in tissue damage. Due to their behavior, these bubble are referred to as 'ultrasonic 
microcavitations' *•' and are believed to have a major contribution to the ultrasonic surgery 
mechanism. However, these 'micro' cavitation bubbles have a different nature compared to the 
'macro' cavitation bubbles described in the next paragraph. 

3.2 Cavitation bubbles 

The hollow needle itself can create big 'bubbles'. During tip retraction, the metal cylinder moves 
at high speed through a liquid environment. The fluid can have difficulty filling the gap that is left 
behind. This hole is empty or near vacuum. Due to the extreme underpressure, the surrounding 
fluid is sucked inward from all directions at the same time. The acceleration of the fluid is 
tremendous. During this process, fragments or layers of soft tissue near the cavitation bubble are 
separated from the underlying tissue. The moment the hole is filled, there will be collapse of fluid 
molecules near the center of the original gap. The forces associated with this collapse can be 
extremely high. Since this process is usually not symmetrical, so-called jet-streams are formed 
focussing the momentum of the accelerated fluid at particular positions preferentially at the 
surface of tissue. These jets can easily break both soft and hard tissues apart10. The mechanism 
described can be selective for tissue structure. Soft tissue is easily fragmented. Hard tissue does 
not give way and therefore amplifies the jet-streams focussed on the tissue surface which scatter 
it locally to pieces. Elastic tissue can partly follow the 'low" speed part of the expansion and 
implosions and deform without breaking and so stays intact. 

33 Mechanical cutting and breaking 
Another mechanism can be just 'ordinary' mechanical. When the titanium tip is in direct contact 
with the tissue, it will push against the tissue with extreme forces. The relatively sharp rim (90 
degrees) of the tip can cut itself easily into the soft tissue. In combination with the suction the soft 
tissue is effectively removed. Elastic tissue, in contrast, will structurally give way and follow the 
motion of the needle without breaking. However, hard tissue in first instance does not deform at 
all. The weaker of the two materials colliding will break. In this case, the hard biological tissue is 
no competition for a metal like titanium. The metal tip will pound on the tissue surface shattering 
it to small pieces that are sucked away. 

3.4 Friction 

During vibration the tip will move at high speed through the fluid and tissue. Tissue in contact 
with the front and side surface of the needle will not follow the motion, Due to friction and 
mechanical resistance energy is dissipated, heating the position of contact. The temperature rise 
can be considerable due to the high motion speed and the friction. In the design of the tip is 
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accounted for friction using the irrigation fluid as a lubricant and cooling between the plastic 
protective sheet around the needle. 

3.5 Mechanism of action of the CUSA 
As more or less reflected by the summation of physical phenomena that can be involved during 
the action of the CUSA in a biological environment, it will be clear that the mechanism depends 
on conditions like presence of fluid, tissue type, extend of tissue contact etc. Although, it will 
probably be a combination of various physical interactions, it is not clear which mechanism is 
most dominant6'7. 

3.6 Aim of study 
To obtain a better perception what physical phenomena are involved during CUSA applications, a 
study was conduced to visualize with high spatial and time resolution the phenomena near the tip 
of the needle of Ultrasonic Surgery devices. 

4.  CLINICAL APPLICATION OF ULTRASONIC SURGERY 

4.1  Tissue selectivity 
As stated before, the CUSA is selectively resects tissue types in favor of elastic tissues. The 
elasticity of tissue is related to the moisture content. In table 1 tissue is differentiated in three 
tissue categories with representative examples. The efficacy of the CUSA in these tissues is 
graphically displayed in figure 2. 

Soft tissue Hard tissue 

% efficacy ,) fragmentation/, 
efficacy-curve-' 

Figure 2: efficacy of CUSA depending on tissue type 

moisture content high average low 

tissue type soft elastic hard 

example tissue liver parenchyma vessel, nerve, duct calcified tissue 

Tabel 1: differentiation of tissue types in relation to CUSA efficacy 
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4.2 New clinical applications 

The areas of application of the CUSA are rapidly expanding. The most common application is in 
the field of neurosurgery for brain tumor resection and partial liver resection 3. In tabel 2 an 
overview is presented of more recent areas of application and areas were the application is under 
investigation. 

Gynecology" " Cardiac 
surgery 

Oncology ,4 Urology 15 General Surgery 
(laparoscopy) 

> endometriosis 

> hysterectomy 

> vulvar 
mucosectomy 

> condiloma 

> prep, 
mammarian 
artery 

> prep, 
annulus at 
valve 
replacement 

> pericarditis 

> debulking 
(reduction) 
of tumors 

> lymphnode 
dissection 

> pancreas- 
surgery 

> partial 
nefrectomy 

> Bricker 

> Bowel resection 

> cholecystectomy 

> spleenectomy 

> hernia repair 

Tabel 2: Overview of recent applications for CUSA 

4.3 Application modalities 
Normally, the CUSA handpiece is applied in a continuous mode. The amplitude of the needle 
vibration can be adjusted by setting the percentage of activity between 10-100. However, by 
decreasing the amplitude, the action of the needle becomes less effective resulting in a lower 
fragmentation rate and in reduced tissue selectivity. Particular tissue types, which tend toward 
elastic tissue, need full power to be resected. At higher power settings, however, the resection 
become less controlled and power dissipation can result in unwanted thermal and mechanical 
damage in the environment. An alternative for effective and controlled dissection is offered by an 
adjustment in the active duty cycle of the tip. Instead of a continuous train of vibrations, the 
needle only vibrates one time at full amplitude and remains steady for some cycles before 
vibrating again .This way the therapeutic energy is equal however with conservation of the full 
fragmentation ability and full tissue selectivity. Due to the reduced fragmentation rate, the 
dissection is more controlled. These intermittent settings for CUSA are called the CAVI pulse 
modes which are numbered from 1 to 4 where 4 has the longest duty off time. 

5. IMAGING TECHNIQUES 

To obtain a better understanding of the mechanism of action of the CUSA various imaging 
techniques were applied as described below. 

5.1 High speed Schlieren imaging 
The schematic setup for high speed imaging is illustrated in figure 3. The CUSA probe is 
positioned in a medium within the object of a B&W Schlieren setup 17. Schlieren techniques 
enable real-time image processing by e.g. subtracting the background light from an image leaving 
light that has been interacting with the CUSA probe to reconstruct an image captured using a 
video camera. Using light flashes of only 10 ns at 5 kHz generated by a copper vapor laser, it is 
possible to 'freeze' density waves that travel through the medium at sonic speeds and cavitation 
bubbles. The laser pulses are synchronized using a trigger from the CUSA generator that is 
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adjusted to the capture speed of the video camera (100 |j.s). By introducing a preset delay time (0- 
100 us) relative to the duty cycle of the vibrating needle, it is possible to freeze a sequence of 
phenomena near the CUSA tip happening through the vibration cycle of the tip 

i      delay      j    |   divider   j 
j    1-100 ]xs    M 1/2 or 1/3 
I    TTLout    j        TTLout j 

j 10-20 kHz l 
I   CU-laser  j 

flashlight j 

r\T 
r'*23"kHz™ 
j     CUSA 

I monitor? I 
j 

[video recorder 
I        50 Hz 

_n 

probe in cuvet 

; camera I 
! -toous! 

Figure 3: schematic of high speed Schlieren setup 

5.2 High speed flash video imaging 
The presence of cavitation phenomena near the tip of the CUSA can also be imaged using 
'ordinary' high speed flash photography or video imaging 17. In contrast to the shadow cast images 
provided by the Schlieren technique, these images have a natural appearance. Using again a 
trigger signal from the CUSA generator for synchronization, a stroboscope flashlight emitting 1 
us pulses at 50 Hz is used for illumination of the tip. Close-up images of the CUSA tip enable the 
visualization of cavitation phenomena through the duty cycle of the vibrating needle using a 
preset delay time (0-100 us). The images are recorded on tape using a video camera with a shutter 
speed of 50 ms. 

triqqer siana! £/l 
m 
Pnritflml -II"-       -    ~     : 

•   2 0£fi     liJBgaj 

handpiece 

f water 

M 
Gel 

Figure 4: schematic of high speed flash photography setup 
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5.3 Color schlieren imaging 
An imaging method based on color Schlieren techniques was used to visualize the temperature 
gradient in a phantom tissue ". The color Schlieren technique is explained in figure 5. Rays of a 
parallel beam of light from a continuous white light source will be deflected during their transit of 
a temperature field due to very small changes in the refractive index. An imaging lens collects the 
rays. The deflected rays are color coded in the focus plane by a filter, consisting of concentric 
rings colored in rainbow order ('rainbow filter, inlay in figure 5). The non-deflected rays are 
blocked by a black stop in the center of the filter. This results in a high-contrast color image in the 
image plane. Depending on the geometry of the temperature distribution, the colors in the image 
can be converted to real temperatures. The images are recorded in real time with a video camera 
with a standard shutter speed of 50 ms. The size of the close-up field is 10 x 15 mm with a 
resolution of 20 um. 

object distance image distance 

focal length 

deflection 
distance d 

object 
plane 

filter 
plane 

image 
plane 

Figure 5: schematic of color Schlieren setup 

5.4 Experimental conditions 
The imaging was performed under various conditions as listed in table 3. It is assumed that under 
working condition the tip is always surrounded by a layer of water due to the irrigation around the 
tip. Therefore to simplify the imaging, the tip was always submerged several millimeter into a 
water bath. 

Imaging Technique High Speed 
Schlieren (HSS) 

High Speed 
Flash (HSF) 

Color Schlieren 
(CS) 

power settings [%] 20,40, 80, 100 20,40, 80, 100 40,80 

suction / irrigation off, on off, on off, on 

CAVIpulse mode 1,2,3,4 1,2,3,4 1,2,3,4 

environment water, 
water/gel 

water, water/gel, 
water/tissue 

water/gel, 

angle of view 90, macro 45, 90, macro 90 

Tabel 3: experimental conditions during imaging 
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In order to image the presence of cavitation and thermal effects at the surface and inside tissue, a 
transparent tissue model was used. This model consisted of a polyacrylamide gel from which the 
thermal and mechanical properties are assumed to be similar to soft biological tissues. Next to the 
artificial tissue also bovine subcutaneous tissue was used to visualize the working mechanism at 
the tissue surface. 

6. RESULTS AM) DISCUSSION 

6.1  Visualization of CUSA interaction in a water environment 
Using the high speed flash video imaging method, cavitation bubbles are observed with the 
needle freely vibrating in a water environment as was expected from the description of the 
working mechanism of the CUSA. A whole chain of cavitation bubbles with diameters of several 
hundreds of micrometer was present along the front end of the cylindrical needle (top left frame 
fig. 6). When suction was activated, the ring of small cavities shifted toward the inner rim of the 
hollow needle pushed by the inflow of irrigation fluid through the hollow channel of the needle 
(top right frame in fig.6). The cavitation bubble can be better appreciated looking at a 
macroscopic view near the rim of the tip (bottom right frame, fig.6). Many individual cavitation 
bubbles can be distinguished. During interaction with real tissue, the cavitation bubbles were 
clearly observed near the tissue surface while the soft tissue was effectively dissected and 
removed with the irrigation fluid (bottom right, fig.6). Whenever a small layer of liquid is 
present, as is the case using irrigation, the presence of cavitation bubbles is unquestionable. 

* *^Mttiä 

Figure 6: Still frames captured from high speed video images showing the presence of cavitation 
bubbles under various conditions. 
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6.2 Visualization of CUSA interaction at a tissue boundary 
Using Schlieren techniques as described before, the presence and tissue interaction of the CUSA 
was visualized at the surface of the transparent tissue model. The top left frame of figure 7 shows 
the tip exactly at the water-tissue boundary. Underneath the tip, up to a depth of 400 um, a hole is 
formed filled with water. Within this hole, the black "shadow like' spots show that cavitation 
bubbles are present. If the tip is hold steady in this position, the surrounding tissue is not damaged 
illustrating the well-defined action radius of the CUSA tip. Looking at the thermal image (top 
right frame, fig.7), no thermal effects are visible, just a blurred looking image. Due to the 
vibration of the needle, the turbulence in the water effectively cools the surface and induces 
motion blurring in the 20 ms exposure of the image. 

When the tip is advanced into the tissue while suction is applied, the irrigation channel is blocked 
by the tissue, which hampers the cooling. Since the needle is embedded in the tissue, the wall is 
moving at high frequency against the tissue. Due to friction, thermal energy is generated resulting 
is heating of the tissue represented by the white band along side the needle (bottom left frame, 
fig. 7). Since fluid is absent, cavitation bubbles are not observed. The penetration mechanism is 
probably due to a combined mechanical/thermal interaction. Preferable, this situation should be 
avoided in practical use by moving the needle around at the surface and making a large channel 
filled with water into the depth. The thermal image (bottom right frame, fig.7) shows the thermal 
zone around the tip in more detail. 

depth of action 

. 3 

t 
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Figure 7: Ultra high speed and thermal Schlieren images showing the interaction of CUSA at the 
surface and inside tissue 
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6.3 Mechanism of action of CUSA resolved with ultra high speed Schlieren imaging 
Although the images presented in the previous paragraphs already give a good perspective how 
the CUSA mechanism works, a better understanding can be obtained from the ultra high speed 
images which show a sequence through the duty cycle of one vibration (~ 40 \xs). These images 
captured from still-frames of real time video imaging are presented in figure 8. The start of the 
duty cycle is defined by the motion of the tip forward into the medium: 9 = 0. During this motion 
it might induce a density wave in the liquid that moves from the tip near ultrasonic speed. 
However, it is not clear if this imaging technique is sensitive enough to visualize these waves. 
When the tip of the needle start retracting (near d = 0.5) it leaves a cylindrical cavity behind in the 
water since the liquid does not directly follow the near ultrasonic motion of the needle. This 
moment is shown in the first frame (top left) of figure 8. During further retraction the cylindrical 
shaped cavity falls apart in smaller collapsing cavitation bubbles since the water is starting to fill 
up the 'vacuum' left behind by the tip (top middle frame, fig.8). When the tip is slowing down 
towards its starting position, the smaller cavitation bubbles detach from the tip and implode 
rapidly towards their center of symmetry (top right frame). The momentum of the water mass 
focussed at the center of collapsing bubble is associated with such extreme forces that each 
individual bubble creates a shock wave that starts expanding at supersonic speed through the 
water (bottom row frames). The centers of collapse are situated 100-200 micrometer in front of 
the rim of the tip. These shock-waves associated with the CUSA have never been visualized 
before. 

Figure 8: Sequence through the duty cycle (40 ps) of one vibration of the CUSA tips captured 
using ultra high speed Schlieren imaging showing collapsing cavitation bubbles and shock waves. 
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6.4 Interpretation of CUSA images: implications for mechanism of action 
The sequence of the duty cycle of the CUSA as interpreted from the imaging techniques applied 
in this study is depicted in figure 9. The whole sequence is already discussed in the previous 
paragraph in conjunction with figure 8. However, some subjects remain unclear. 

Cavitation phenomena 

Other authors (Bond et al. 18 ") have not found any evidence of cavitation effects during CUSA 
interaction with tissue. Our images clearly show the presence of cavitation bubbles at the tissue 
surface (figures 6, 7) when a minimal layer of fluid is present as can be assumed in clinical 
settings. Either the irrigation fluid or blood in the operation field provides this layer. It could be, 
however, that other studies refer to the micro cavitation bubbles induced by density waves into 
the tissue. As explained in the introduction paragraph, these cavitation phenomena are from a 
different origin then the cavitation bubbles observed in this study. Also, in our study, we do not 
have any evidence of the presence of density wave and micro cavitation bubbles in liquid or 
tissue. In the literature, these 'micro' cavitation phenomena are described with ultrasonic devices 
working in a far higher frequency regime over several hundred kHz w. 

Figure 9: animation of the CUSA action during one sequence of the duty cycle of the needle. 

Shock-waves 

The visualization of shock waves associated with the CUSA mechanism of action has been 
revealing since is has not been reported before. At the same time, it might rise reasons for 
concern. In the field of medical laser applications, many reports deal with the adverse effects of 
pulsed laser induced shock waves 2I. The shock waves involved with pulsed lasers can however 
be of a total different order of magnitude. Although the biological effect of shock waves is still 
under investigation, some studies indeed show evidence for adverse effects a 23. Since the CUSA 
has been applied already for many years in one of the most sensitive organs of our body; the 
brain, adverse effects should surely have been observed if present. Still, it might be an interesting 
topic for further investigation to quantify the pressure waves involved. 
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6.5 Further research of Ultrasonic Surgery devices 
This study can be seen only as an initial study to explore the mechanism of action and the 
characterization of the CUSA. Besides the CUSA there are many surgical instruments similar to 
the CUSA or related like the phacoemulsification in ophthalmology, and more recently 
introduced, the harmonic knife for general surgery. There is a whole list of features that can be 
investigated with the imaging techniques described in this paper like: 

> frequency range (23 - 55 kHz) > combination with electro surgery 

> tip amplitude (un)loaded > probe contamination and durability 

> shape and contact surface of tip > irrigation quality 

> fragmentation ability > aspiration quality 

> tissue selectivity > surgeons technique 

> intermittent vibration (CAVI-pulse) > contact with tissue 

These studies will contribute to a better understanding of the mechanism of action, improvement 
of instrumentation design and controllability and safety in accepted and new clinical applications 

7. CONCLUSIONS 

The Mechanism of Ultrasonic Surgery shows to be a combined effect of fragmentation induced 
by 'macro' cavitation bubble, mechanical cutting and thermal deterioration of tissue depending on 
the irrigation/aspiration flow intermittent vibration regime degree of tissue contact. 

The impact of the shock waves observed at cavitation bubble implosion is undetermined yet. 

Real-time imaging techniques contribute to the understanding of the working mechanism of 
Ultrasonic Surgery in relation to probe designs, US generator settings and tissue characteristics. 
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ABSTRACT 

Laser-induced interstitial thermotherapy (LITT) has proven to be an effective method for the treatment of different types of 
tumors. Until now the attainable coagulation volume was limited by the maximum applicable energy. The limiting factor was 
the high tissue temperature around the applicator which may have caused applicator damage. Consequently an internally 
cooled catheter system has been developed in order to reduce the temperature of the applicator surface and to allow for the 
application of higher laser powers. The optimal treatment parameters for the Nd:YAG laser were determined on the basis of 
in vitro studies with porcine tissue. Following these experimental studies, 127 patients with liver metastases were treated 
with the cooled system. The applicator position and the resulting tissue damage were verified using a MRI on-line 
monitoring system applying a FLASH-2D sequence. The optimal in vivo treatment parameters were found to be 25 watts for 
an exposure time of 20 minutes, resulting in coagulated volumes of up to 20 cm3. The experimental and clinical results have 
proven that the combination of a scattering laser applicator with an internally flushed catheter enables a significant increase 
in the coagulation volume. 

1  INTRODUCTION 

During the last few years laser-induced interstitial thermotherapy (LITT) has become an effective method for the treatment 
of different types of tumors and of benign prostatic hyperplasia (BPH). The significance of this method is in fact increasing 
because it is a minimal invasive technique that permits the destruction of localized pathological tissue with limited damage 
to the surrounding healthy structures. The light source for interstitial coagulation is usually a Nd:YAG laser which penetrates 
deeply into biological tissue. The laser light is guided through a flexible quartz fiber that is directly punctured into the tumor 
region. The fiber has a special laser applicator at its distal end to provide a homogeneous interstitial photon distribution1"5. 
Subsequent photon absorption leads to temperatures up to 150 °C in the tumor region and provides a well-defined area of 
coagulation necrosis, subsequent degeneration, and finally tumor shrinkage (Fig. 1). In order to avoid direct contact between 
laser applicator and tissue, fiber and laser applicator should be inserted into a protecting catheter for patient safety '. The 
optimum applicator position within the tumor can be controlled with ultrasound, CT or Magnetic Resonance Imaging (MRI). 
The latter has also proven to be an ideal procedure for real time treatment monitoring of hyperthermic effects and the 
evaluation of the extent of coagulation necrosis 6*9. 
In general, the coagulation efficiency is dependent on both the optical and thermal properties of tumor tissue and local blood 
perfusion as well as the applicator light emission distribution. The maximum input power is restricted by the power density 
on the applicator surface which causes a certain tissue temperature near the applicator. The maximum coagulation volume is 
therefore limited by this temperature because overheating can cause carbonization and subsequent applicator damage. Until 
now commonly used applicators were restricted to a maximum laser power of approximately 6 watts at 1064 nm and a 
maximum exposure time of 20 minutes1"4, resulting in coagulation volumes of up to approximately 4 cm3. 
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Fig. 1:  Schematic diagram of interstitial laser coagulation and in vitro experiment in porcine liver with a scattering 
applicator (LMTB) 

Clinical studies about palliative percutaneous LITT for the treatment of liver metastases have shown that tumors with a 
maximum diameter of 2 cm can be treated sufficiently, i.e. tumor destruction without recurrence'. However, in order to treat 
larger lesions or organs with a high perfuskm, additional treatment techniques are required to ensure patient safety. Until 
now lesions between 2 and 4 cm in diameter have been treated either with a simultaneous multi-applicator technique or in 
pull-back technique with subsequent applications in the same puncture channel. The main disadvantage of the multi- 
applicator technique is that additional punctures are needed to treat larger lesions. Furthermore, radiation planning is a 
difficult procedure because the geometry of the resulting necrotic volumes is not as homogenous as with a single application. 
The risk remains mat parts of the tumor, particularly on the edges, are not sufficiently damaged. The disadvantage of 
subsequent applications is mat more treatment time is needed without a temperature adding effect Additionally, the tumor 
extension should be large in the direction of the puncture axis and the lateral tumor dimensions should be less than 2 cm in 
diameter. To improve the LITT procedure an internally cooled applicator system was developed which enables an increase 
in the necrotic volumes in a single application without carbonization and vaporization. 

2 COOLED APPLICATOR SYSTEM 

Cooling the surface of a laser applicator modifies the radial 
temperature distribution so that the maximum temperature 
shifts into deeper tissue layers3,4,11'11. This was evaluated 
by computer simulations calculating the temperature 
distribution of different types of applicators in porcine liver 
by normalizing the input power to a maximum tissue 
temperature of 100 °C (Fig.2)10. The temperature 
distribution at the cooled applicator is a combined effect of 
deep optical penetration of the Nd:YAG laser and cooling 
of the applicator surface. Hence the cooled applicator can 
be used at significantly higher laser powers than non- 
cooled systems without exceeding critical temperatures. 
Nevertheless, it has to be taken into consideration that part 
of the deposited energy does not become therapeutically 
effective because it is removed by the internal cooling 
flow. Computer simulations for the new applicator have 
demonstrated that the amount of lost energy reaches 20-40- 
30 %, depending on the type of tissue. 

Fig. 2: Calculated radial temperature profile of different 
applicators in porcine liver (Simulation for Nd:YAG laser) 
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The newly designed cooled applicator system is a combination of a modified scattering applicator with a outer diameter of 
0.95 mm (Fig. 3) and a double-tube PTFE-catheter that enables internal cooling with saline solution (Fig. 4). The catheter 
material is flexible, transparent for near infrared radiation and temperature stable up to 400 °C. After the catheter is 
positioned within the tumor the scattering applicator is introduced through a proximal sealing. The applicator is finally 
pushed forward to a position approximately 5 mm before the distal end of the catheter to provide a sufficient flushing rate. 
Figure 3 shows the axial intensity distribution of the application system (flushed with water), measured with a modified 
integrating sphere14,15. 

Quartz Fiber 400pm       Glued Joint 
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Fig. 3: Schematic diagram of the modified scattering applicator and its intensity distribution along the axis 

Irrigation Irrigation Working Length 400 mm 

Introduction 
of Diffusing 
Applicator 

<—> 

Fig. 4: Internally cooled laser application system with removed mandrin 
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The cooled applicator system was combined with a modified MR-compatible puncture equipment (needle, guide wire and 
10 F-trocar) and permits the MR-guided percutaneous approach to liver tumors as well as intraoperative positioning. The 
catheter has a spiked end and a rigid mandrin allowing easy repositioning. The application system can be specified with 
following technical data: 

Double-tube catheter: outer diameter 3.0 mm, 9 Fr 
length: 420 mm 
tube connection: LUER-lock 
cooling medium: saline solution 
cooling temperatures: 0-25°C 

Scattering applicator fiber length: 12 m 
fiber core diameter 400um 
fiber type: HCS 
fiber numerical aperture: 0.37 
laser connector SMA905 
outer diameter: 0.95 mm 
active length: 25 mm 

3 IN VITRO EXPERIMENTS 

The optimal treatment parameters for the Nd:YAG laser (Dormer 5100 fibertom, 1064 nm) were determined in vitro by 
evaluating the volume of the resulting lesions in porcine liver and muscle at room temperature. The distal output power of 
the laser applicator was measured with an integrating sphere power meter (HOttmger, MY-TEST). A peristaltic pump 
(Doraier) was used to ensure a continuous cooling flow rate of 60 ml/min. The experimental results showed that flow rates 
less than 40 ml per minute did not provide sufficient cooling, resulting in carbonization at laser powers above 20 watts and 
exposure times in excess of 10 minutes. On nie other hand, a flow of over 100 ml per minute did not result in a higher 
damage threshold because the transfer of heat from the tissue into the cooling liquid was limited by heat conduction of the 
catheter material. The in vitro experiments were carried out at output powers of 20, 23, 25 and 30 watts with an exposure 
time of 10 minutes. Especially in liver tissue power settings above 30 watts resulted in slight charring in the region of the 
maximum temperature. Consequently laser powers above 30 watts were excluded from the investigation. Each experiment 
was repeated five times in order to calculate standard deviations. Fig. 5 shows die results for all investigated power settings. 
As expected, an increase in laser power led to an increase in die coagulated volume and slightly larger lesions for muscle 
tissue. All lesions were nearly spherical, a typical dimension in liver tissue was 4.0 x 32 cm at 25 watts laser power. The 
experiments showed, that the use of a cooled applicator resulted in a distinct increase in the coagulated volume compared to 
non-cooled laser applicators without the risk of carbonization and subsequent applicator damage. 

30T 

20 VM 23 WH 2SWM 30 WM 

Fig. 5: Results of in vitro experiments with the cooled laser application system (25 mm active length, 20 °C saline solution, 
60 ml/min); 10 minutes exposure time, 22 °C tissue temperature 
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Further in vitro experiments were performed in order to determine the interstitial temperature distribution around the cooled 
applicator. The applied method was described by Roggan et al.15, using an infrared camera (Agema 900) and a tissue 
phantom which permits a book-like opening of two tissue layers (porcine liver), allowing a thermographic representation of 
the applicator plane. Fig. 6 shows the measured interstitial temperature distribution of a cooled applicator system (25 watts) 
in time intervals of 2 minutes. The last measurement was performed 2 minutes after the laser had been switched off. The 
thermographic pictures show the typical temperature distribution of a cooled applicator with a maximum temperature located 
a few millimeters away from the applicator surface. No hot spots were found which could cause subsequent applicator 
damage. 

TK,2mm. Laser 2SW, 5x5 cm TK, 4 rain. Laser 25 W, 5x5 cm 

TK, 6 min. Laser 25 W, 5x5 cm 

10 30 
1^ 

40 30 

Fig. 6:   Measured interstitial temperature distribution obtained with a cooled applicator system (25 mm active length, 20 °C 
saline solution, 60 ml/min), 25 W Nd:YAG laser, 10 minutes exposure time, porcine liver (20 °C) 
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4 CLINICAL USE OF THE COOLED APPLICATOR SYSTEM 

Following die experimental in vitro studies a pilot clinical trial was carried out on patients with liver metastases of colorectal 
carcinoma. Surgical tumor resection is still the only potentially curative option for the treatment of intrahepatic colorectal 
metastases when the primary tumor has been totally removed. But only 20-40 */• of the patients are suitable for surgical 
resection because of the presence of metastases in bom hepatic lobes or a poor general condition16'20. This fact was the 
motivation to apply LITT as a therapeutic alternative for the treatment of non-resectable liver tumors. 
In our clinical study 127 patients with a total of 317 liver metastases were treated from December 1996 to December 1997 
with MR-guided laser-induced interstitial thermotherapy (LITT) in combination with the cooled applicator system. The 
primary tumor was colorectal cancer in 78 patients (61 %), breast cancer in 24 patients (19 %), hepatocellular carcinoma in 
9 patients (7 %) and other primary tumors in 16 patients (13 %). LITT was carried out after approval from the local ethical 
committee and with the patients' informed consent Localization and extension of the tumor were evaluated by MR-imaging 
prior to LITT with a conventional 1.5 Tesla MR unit (Siemens SP-4000), applying Tl-weighted (SE, GE) and T2-weighted 
(SE) sequences plain as well as after administration of 0.1 mmol/kg body weight Gd-DTPA (Fig.7 a-c). 
All patients received Pethidine (50-100 mg) intravenously before the treatment The puncture of the catheter system was CT- 
guided in Seldinger technique1 under local administration of 20 ml Lidocaine (1%). Then the patients were transferred to the 
MR-unit and a MRI marker was inserted into die catheter system to precisely locate its position. The laser applicator was 
finally introduced into the flushing catheter after the MRI marker had been removed. MR thermometry was used for on-line 
monitoring of the laser intervention applying FLASH-2D sequences (TR/TE/flip-102/8/15°) at intervals of 30 seconds. 
Hence the actual tissue damage and temperature development could easily been verified (Fig. 8a-c). A Nd:YAG laser served 
as light source (Dornier 5100, Martin My30). The mean laser power was 24.S watts, providing a significant safety margin to 
the carbonization threshold. The mean treatment interval was 20 minutes and was increased in comparison to the in vitro 
experiments in order to compensate for heat losses due to the high blood perfusion of liver tissue. The cool flow of the 
catheter was provided by a peristaltic pump at a rate of 60 ml/min sterile saline solution at room temperature. 
The laser-induced necrotic volumes were measured after intravenous injection of Gd-DTPA immediately after the treatment, 
showing an average coagulation diameter of 3.3 cm. Consequently tumors with more than 3 cm maximum extension were 
treated with two or more applications. Laser applicator and cooled catheter were finally removed and the puncture channel 
was closed by filling two components tissue glue into the trocar during its removal. 

All patients tolerated the procedure well under local anesthesia without clinically relevant complications. The normal 
hospitation time was 1-2 days. The follow up of all patients included MR-imaging at two days, one month, three month and 
every six month after the LITT procedure. Qualitative and quantitative parameters were evaluated, including size, 
morphology, and contrast enhancement pattern at early and late follow up examinations. 
For the discussion of survival rates we focused on patients with colorectal liver metastases because comparative statistical 
data are available for liver resection, chemotherapy and no treatment Including 48 patients which were treated with the 
standard (non-cooled ) applicator technique, a total of 126 patients with colorectal liver metastasis received LITT since 
1992. The median survival among those patient with colorectal metastases was 34.9 months calculated according to Kaplan- 
Meier (maximum survival S4.S months). For comparison, Scheele et al." followed up 1718 consecutive patients with 
colorectal liver metastases, 469 of whom underwent hepatic resection (27 %). Among these, 434 resections were performed 
with curative intent (25 %). Operative mortality was 4.4 % while 16 % showed significant morbidity after resection. Median 
survival for the entire sample of patients undergoing liver resection with curative intent was 39.4 months, excluding 30-day 
mortality. For comparison, Stangl et al.21 followed up 1099 patients with colorectal liver metastases, 566 of whom (52 %) 
received no treatment for their hepatic metastases, 340 (31 %) underwent hepatic resection; 123 (11 %) received regional 
chemotherapy; and 70 (6 %) received systemic chemotherapy. After hepatic resection the median survival was found to be 
30 months for all patients but 41 months for those with complete tumor clearance. In patients who received regional or 
systemic chemotherapy, the median survival was 12.7 and 11.1 months, respectively. In the untreated group the median 
survival was 7.5 months. 
In summary, MR-guided LITT has proven to be a safe and effective palliative treatment protocol for liver metastases 
because survival rates are significantly improved in comparison to untreated patients and chemotherapy. Further studies are 
required in order to compare laser-induced interstitial thermotherapy LITT with surgical resection of liver metastases and to 
investigate the combination of LITT with chemotherapy and other therapeutic protocols (e.g. embolization). 
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Fig. 7: FLASH-2D-sequence (TR/TE/Flip = 154/6/70°); a: Pre-therapy image, used for the intervention LITT-planning 
prior to treatment, b: Contrast enhanced FLASH-2D image before LITT with a distinct lesion enhancement after 
administration of 0.1 ml/kg body weight Gd-DTPA, c: Contrast enhanced FLASH-2D image two days after MR 
guided LITT clearly shows the resulting tissue necrosis 
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Fig. 8:  FLASH-2D (TR/TE/Flip = 102/8/15°) image; a: Before LITT treatment with cooled applicator system, b: After 6 
minutes of LITT treatment, c: After 15 minutes of LITT treatment 
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5 CONCLUSION 

In vitro experiments with a cooled applicator system demonstrated that the coagulation volume of interstitially produced 
laser lesions can significantly be increased in comparison to non-cooled applicators. Nearly spherical damage volumes of 
20 cm were achieved with a laser power of 25 W and an exposure period of 10 minutes in porcine liver. Applying a cooling 
rate of 60 ml/min neither tissue carbonization nor damage of die applicator system was observed. 
The clinical results confirmed the in vitro results, showing that the combination of a scattering laser applicator and an 
internally cooled catheter led to a significant growth of the coagulation volumes. This technique now provides the possibility 
of treating tumors with a diameter of up to 3 cm with a single application. Hence the comfort for the patient is drastically 
improved because the number of punctures have been reduced to 25 % and the risk of residual tumor tissue has been reduced 
significantly. MR-imaging has proved to be an ideal tool for on-line monitoring of interstitial laser coagulation with cooled 
applicators. Already one minute after starting the treatment distinct hypointense reactions were observed around the 
applicator region. The hypointense area increased during laser emission and disappeared a few minutes after the laser was 
switched off. The dimension of the hypointense area was found to correlate very well with the non-enhancing post treatment 
region after administration of Gd-DTPA. Follow-up evaluation of patient survival demonstrated that MR-guided LITT has 
proven to be an adequate tool to treat liver tumors very effective with a low strain for die patient 
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ABSTRACT 

A new combined Laser and Ultrasound Surgical Therapy (LUST) device for an endoscopically suitable coagulation and 
tissue fragmentation based on the transmission of laser radiation and ultrasound via flexible silica glass fibers was 
developed at the LMTB [1]. The ultrasound tissue interaction is based on the well-known CUSA-technology, which 
enables the surgeon to cut various types of tissue with different degrees of effectiveness. This selective cutting performance 
is a very useful feature, e.g. for a brain tumor extirpation, where it must be guaranteed that vessels and nerves are not 
affected while ensuring a fast reduction of the tumor mass. Application fields are in oncology, neurosurgery and 
angioplasty. The laser radiation can be used for tissue coagulation purposes and homeostasis. With a fiber based LUST- 
system working at a resonance frequency of 30 kHz, using a laser-vibrometer, velocity amplitudes of up to 20 m/s could be 
detected at the distal end which corresponds to an elongation of more than 100 urn. The investigations have shown mat the 
velocity amplitude, next to suction, frequency and cross section of the active fiber tip, has the greatest impact on the 
fragmentation rate. Wim a suction setting of 5 W, the following tissue fragmentation rates could be achieved with a 1.3 
mm2 fiber cross section and a tip amplitude velocity of 12 m/s: brain tissue 50 mg/s, liver 4,5 mg/s and kidney 4 mg/s. 
Laser radiation up to 25 watt was sufficient to coagulate soft tissue. This new approach in developing an application 
system for the therapeutical use of laser radiation and ultrasound via optical waveguides offers new possibilities in 
minimaUy invasive surgery, providing a complete new working sphere for the surgeon. The flexible opto-acoustic 
waveguide (0 400- 1700 um) can be bent making areas accessible which were inaccessible before. The surgeon can use 
the laser radiation for tissue coagulation or cutting and the ultrasound for tissue fragmentation and tissue reduction 
without changing the instrumentation. 

1. INTRODUCTION 

A new combined endoscopical laser and ultrasound surgical therapy device has been investigated. The feasibility of 
ultrasound and laser transmission via silica glass fibers has been shown [23]. An active element of this medical applicator 
is a thin silica glass fiber (0 300 -1700 um), usually used only for laser transmission, which transfers the acoustic energy 
from a piezoelectric ultrasound transducer to biological tissue. The fiber consists of an amorphous silica core and cladding 
and a plastic coating to enhance the mechanical stability. The 
coatings of the used fibers are made of polymers (polyimide, acrylate). 
Regarding the ultrasound transmission, core and cladding of the fiber 
can be seen as a homogeneous structure (as core). In fig. 1, the results 
of our investigations on the ultrasound tissue interaction are presented 
: The efficiency of ultrasound tissue fragmentation as a function of 
tissue and the specific acoustic parameters. 

Fig.l Efficiency of cutting with CUSA-technique for various types of 
tissue as a function of ultrasound power density p„ = 
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The ultrasound tissue interaction is based on CUSA-technology enabling the surgeon to cut various types of tissue with 
different degrees of effectiveness (fig.l). This selective cutting is a very useful feature for a brain tumour extirpation, for 
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example, where it must be guaranteed that vessels and nerves will not affected [4]. This technology is established in 
neurosurgery [5], laparoscopy [6], gynaecology [7], urology [8], head and neck surgery [9] and angioplasty [10,11]. 

Theoretical investigations were carried out to understand the acoustical behavior of coaxial layered optic fibers, which are 
mainly used for laser transmission. For the straight fiber waveguide the known theory of longitudinal acoustic waves in a 
rod can be applied to predict the vibratory response (transfer function) of the fiber [12]. An important problem concerns 
taking into account fiber bending which may appear during applications in endoscopy. For a curved fiber, the longitudinal 
and flexural waves cannot be propagated independently of one another. Only various composite „longitudinal-flexural" 
modes can exist, i.e. the displacements have both a longitudinal and a transversal component. We consider only one such 
mode which degenerates to the longitudinal bar mode at zero curvative and it is therefore called the quasi-longitudinal 
mode. A simple analytical formula is obtained for the transfer function, i.e., the ratio of the displacement at the working 
end of the fiber and that at the driven end. The transfer function depends on frequency, fiber length, output impedance, 
loss factor, and the mean-square curvative of the fiber. If the displacement at the driven end of the fiber is known, the 
power output of the applicator can be calculated from the known values of the tissue impedance and the transfer function 
[13]. 

As the transmission of high power ultrasound via metal waveguides (viscoelastic material with crystal structure) is highly 
attenuated, intrinsic losses have made an endoscopically controlled application impossible [14]. Between 10 and 100 kHz 
the losses are caused only by elastic deformation which means that although the process of oscillation in the metal is 
mechanically reversible, it is thermodynamically irreversible. In comparison, glass has an amorphous structure and does 
not show these losses. The coatings of the optical fibers are made of polymers and exhibit, as viscoelastical materials, the 
same losses as metals. These losses can be neglected for the first estimation compared to the whole waveguide mass. 

2. MATERIALS AND METHODS 

The concept of this application system is based on the transmission of laser radiation and ultrasound power via flexible 
silica glass fibers. Fig. 2 shows the opto-acoustic transmission system. The principle design of the LUST-applicator can be 
seen in Fig. 3. A piezo-ceramic transducer generates the ultrasound. The ultrasound is coupled into an amplitude 
transformer made of titanium and then into an optical fiber (e.g. silica-silica-acrylate, 0: 300 - 1700 urn, length: up to 1.5 
m) that is fixed by a high performance adhesive to a fiber coupler at the end of the amplitude transformer. 

The applicator itself consists of a silica glass fiber mounted to a titanium coupling element (fig. 2). The coupling element 
with mounted fiber has a thread at its end and can be connected with the amplitude transformer of the ultrasound 
transducer (fig. 4). An efficient mounting method to connect the fiber to the metal coupling element can be realized by 
using high performance adhesives. 

i^^MS$®3'öP 

Fig. 2 Fiber coupler and opto-acoustic waveguide, bonded with high performance adhesive 

Fig. 3 Ultrasound transducer and opto-acoustic waveguide with fiber coupler 
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Another optical fiber (external laser coupling) coming from a laser (i.e. Nd:YAG, X: 1064 nm) is guided axially through a 
central hole in the transducer. The laser radiation is transmitted into the ultrasound guiding fiber via an air gap in order to 
decouple the optical transmission from the acoustic oscillation. 

External LASER 
Coupling Ultrasound Transducer (Stack) 

I r "ra" --■== 

Opto-Acoustic 
Transmission System 

LASER 
SMA-connector 

T 
fiber 

<=L 

piezoelectric 
transducer fiber coupler 

=€ 

fiber guide / suction + irrigation 

:m 

Fig. 4 LUST-Application system and components 
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A special fiber guide was designed, to avoid an excitation of transversal fiber modes. With this multi-layered fiber guide 
one can achieve the damping of the transversal excitation and further have the opportunity to use the guide for suction and 
irrigation, which is important when using the system as a Cavitron Ultrasonic Surgical Aspirator (CUSA). 

The distal end of the flexible opto-acoustic 
transmission system is shown in Fig. 4. The central 
opto-acoustic waveguide is surrounded by two Teflon 
tubings, which are sealed at their proximal end to the 
system by a rubber valve. The lumen between the 
fiber and the inner tubing is used for flushing the 
target area with 0.9% saline solution, to dissolve the 
fragmented tissue particles. The inner tubing is 
connected via Luer-Lock to flushing pump with a 
flow rate of approx. 100 ml/h. The dissolved tissue 
fragments are sucked away continuously by the 
negative pressure flow (P-5W) of the suction 
channel between outer and inner Teflon tubing. 

Fig. 5 Principle design of the fiber guide / suction and irrigation port 

Several LUST-application systems were built up for clinical related investigations (in vitro and in vivo). Results will be 
presented in chapter 4 of this paper. The application system is shown in fig. 5 in its component parts. It is driven by a 
special designed US-generator of 20 Watt, which is amplitude and frequency controlled. The feedback controlled generator 
allows an infinitely variable adjustance of the amplitude which can be held constant even by treating tissues with different 
elastic properties. This is important with respect to reproducible tissue fragmentation rates. 
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Fig. 6 30 kHz LUST application system in its component parts 

3. TRANSMISSION OF ULTRASOUND VIA OPTICAL FIBERS 

ultrasonic transducer 

bent fiber 

fixature at 
vibration nodes 

Investigations on the feasibility of high power ultrasound transmission at low 
frequencies were made using the set up in fig. 6. In one experiment, the optical fiber 
(silica-silica-acrylate, 0: 600/680/1000 um, length: 133.5 cm) was connected to the 
piezoelectric ultrasound transducer. The elongation at the distal tip of the fiber were 
measured for a straight and a bent fiber with a laser vibrometer. During the 
experiments the electric power to drive the transducer was constant. In the first 
experiment the fiber was bent 90° with a bending radius of 50 mm (fig. 6). After 
bending the fiber, a 10 % decrease in amplitude was measured as well as an 
insignificant frequency increase of the resonance frequency (15 Hz) which could be 
easily compensated by an amplitude feedback control circuit and an automatic 
frequency control unit (phase locked loop). 

Fig. 7    Experimental set up for investigations of 90° - bending losses 

The impact of the effect of bending on the acoustic transmission via a silica glass fibers was investigated in further 
experiments using a 385 urn polyimide coated silica glass fiber with a total length of 150 cm (fig. 7). The fiber was guided 
in an angioplasty diagnostic catheter and excited using a 85 kHz transducer (fig. 8). The velocity of the distal fiber tip was 
also measured with a laser vibrometer. For the straight fiber a velocity of 7.7 m/s and 14 urn amplitude could be detected. 
Subsequently, the catheter with fiber was bent 300 ° at one point with a bending radius of 12.5 mm. Nevertheless an 
amplitude of 6 - 7 um at 85 kHz could be measured, accompanied by a resonance frequency shift of approx. 200 Hz. In 
several cases the transmission with a bent fiber/catheter generates high velocity amplitudes which are sometimes higher 
than without bending. This transmission behavior of the fibers may seem confusing but it is due to the difficult boundary 
conditions of the fiber. The transmitted amplitudes can be higher than the excitation amplitudes without fiber. This can 
occur because of resonance effects. This again is caused by a resonant amplification which is optimal with a certain degree 
of bending. 

guide 
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Fig. 8 Fiber with fiber coupler for 85 kHz, Fig. 9 Flexible acoustical delivery system: prototype 
polyimide coated fiber design for angioplasty and drug delivery 

In an experimental set up (destructive test) with a 1000 um silica glass fiber with a length of 55 cm, a velocity of approx. 
20 m/s of the distal fiber end could be measured which is equivalent to an axial elongation of up to 100 um with respect to 
a frequency of 30 kHz. Higher amplitudes led to the destruction of the fiber. Wim amplitudes of more than 20 um already 
typical ultrasound tissue interactions can be observed (eg. cavitatioo). Amplitudes between 40 - 60 um cause an efficient 
fragmentation rate of soft tissue (parenchymatous tissue e.g. liver). Longer application times (15-30 min) have shown that 
our opto-acoustic silica glass fibers (polyimide or acrylate coated) can withstand amplitudes of 60 - 80 um continuously. 

The feasibility of ultrasound transmission via silica glass fibers with high power at low frequencies (25-85 kHz) could be 
shown. The damping losses increase with bending. A maximum achieved elongation of * 100 urn (v - 20 m/s) at 30 kHz 
was measured at the distal end of straight silica glass fiber. 

A FEM-program (ULTRA* 
2.1) was developed to calcu- 
late the transfer function of 
the opto-acoustic waveguide 
incl. the ultrasound transdu- 
cer. It considers the transfer 
function of the acoustic 
waveguide dependent on 
excitation frequency of the 
ultrasound transducer, the 
mean-square curvative and 
the output impedance. The 
dimensions and material 
parameters of the used glass 
fiber type and of die 
ultrasound stack are 
required as input parame- 
ters. Fig. 9 shows the output 
shell of die program, where 
a 28 kHz ultrasound trans- 
ducer including fiber was 
calculated. 

Fig. 10 Numerical simulation of the acoustic system with attached opto-acoustic waveguide, divided into segments with 
different bending angles and radii 

98 



4. IN VITRO EXPERIMENTS 

The LUST-application system (Fig. 10) described here was evaluated using different tissue types: liver, kidney, brain and 
blood vessels. 

LUST-Systern 30 kHz süeöör? mtSimgedhn port 

Laser-SMA 

I 
opto-acoustic waveguide 

Fig. 11 LUST-system for a combined application of Laser and Ultrasound 

The efficiency of the fiber based system of the Laser- und Medizin-Technologie gGmbH, Berlin (data LMTB), was 
compared to data of a conventional CUSA-systems, which was found in literature from Bond / Cimino in 1996 [15,16]. In 
addition to the amplitude and the suction power, the active applicator area (tissue contact area) is of major significance for 
the removal of tissue. The efficiency of the LUST applicator with an active applicator area of 1.32 mm2 (0 = 1.68 mm) fits 
well into the parameter curves of the conventional CUSA systems with ring areas of 1 and 2 mm2 (see Fig. 11). 

Elongation [ urn] 

0      14     28     42     55     69     83     97    111    125 

lo 
1 ~] 
10- 

9- 

8- 

7- 

6- 

5- 

4- 

3- 

2- 

1- 
n 

i   '   i 

A-  

-■■■- i -■>■■ i   ■   i   >   i   •   i       i 

■ 

ß              Data LMTB 

 *A *      *"' 

'•
 

E 
>. 
u 
c 
CD 

U 

-aj. ■ Kidney 1.98 mm2 

--#•• Kidney 0.98 mm2 

-A- Kidney 1.32 mm2 

CD 

C 
o 
CD 

c 

  
Parameter 

Frequency:     23 kHz 

Suction          :   5 W 

E 
CO 

i    i    i    i    i    i    i    i    i    i    i    ■    i    ■    i 

0       2       4       6       8      10     12     14 

Velocity amplitude [m/s] 

16     1 8 

Fig. 12 Tissue fragmentation rate of conventional CUSA [15,16] and fiber based LUST-systems (data LMTB) 

In further in-vitro experiments with this system, different types of soft tissue were investigated with regard to the 
ultrasound induced fragmentation rate in dependence on the amplitude. The suction was held constant to 5 Watt. For these 
experimental investigations, a fiber with an active applicator area of 1.32 mm2 (0 = 1.68 mm) was used. 
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Fig. 13 Fragmentation rates for different soft tissue of the fiber based LUST-system 

The result of first in vitro investigations is shown in fig. 13 and fig. 14. The ultrasound fragments the parenchymatous cell 
structure of the porcine liver (fig. 13). After suction of the fragmented cells the intact collagenous structures are clearly 
visible. Fig. 14 shows tissue mat has been «Ywgnlafrd by laser radiation after exposure to ultrasound. 

Fig. 14 Porcine liver after ultrasound exposition: the 
parenchyma cells have been removed, whereas 
the collagenous connective tissue is still intact 

Fig. 15 Coagulation of ultrasound fragmented liver 
tissue by Nd: YAG-laser radiation 

5. CONCLUSION 

This new technique, developed at the LMTB, makes the combined application of laser and ultrasound in open and 
endoscopic surgery possible. Thus Laser Ultrasound Surgical Therapy could result in a whole new range of applications in 
MIM. Possible clinical applications could be in neurosurgery (excision of brain tumors) and angioplasty. 

The fact mat laser radiation up to 50 Watt and ultrasonic power up to 100 um^om be transmitted without loss (no heating 
of the waveguide) via a fiber waveguide shows the possible endoscopic use of this multifunctional system. 

A first clinical application prototype system for laser ultrasound surgical therapy (LUST) has already been realized for 
neuro-surgery. A prototype is also planned for a drug-delivery / angioplasty in order to test the clinical use of the 
technology. 
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With the transmission of high power ultrasound and laser radiation via a thin, flexible silica glass fiber, a combined 
endoscopical treatment of pathological tissue is possible. The fiber can be bent enabling previously inaccessible areas to be 
treated without the application system (the fiber) being heated up as a result. 
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ABSTRACT 

Radiofrequency (RF) tumor ablation has been demonstrated as a reliable method for creating thermally induced coagulation 
necrosis using either a percutaneous approach with image-guidance or direct surgical application of thin electrodes into treated 
tissues. Early clinical trials with this technology have studied the treatment of hepatic, cerebral, and bony malignancies. The 
extent of coagulation necrosis induced with conventional monopolar radiofrequency electrodes is dependent on overall energy 
deposition, the duration of RF application, and RF electrode tip length and gauge. This article will discuss these technical 
considerations with the goal of defining optimal parameters for RF ablation. Strategies to further increase induced 
coagulation necrosis including: multiprobe and bipolar arrays, and internally-cooled RF electrodes, with or without pulsed-RF 
or cluster technique will be presented. The development and laboratory results for many of these radiofrequency techniques, 
initial clinical results, and potential biophysical limitations to RF induced coagulation, such as perfusion mediated tissue 
cooling (vascular flow) will likewise be discussed. 

1. INTRODUCTION 

Percutaneous image-guided ablative therapies using thermal energy sources such as radiofrequency, microwave, high- 
intensity focused ultrasound (HIFU), and laser have received much recent attention as minimally invasive strategies for the 
treatment of focal malignant disease [1]. Potential benefits of these techniques include the ability for real-time imaging 
guidance, the ability to ablate tumor in non-surgical candidates, reduced morbidity as compared to surgery, and the potential to 
perform the procedure on an outpatient basis. In the past, a key limitation of these methods was the extent of coagulation 
produced for a single application of energy, for example 1.6 cm diameter of coagulation obtained from a single conventional 
radiofrequency electrode [2-4]. Because most potentially treatable tumors are larger than this, extended time and labor 
intensive treatment schedules, with repetitive electrode placements have traditionally been required to treat all but the smallest 
tumors [5,6]. Thus, the aim for much subsequent development has been directed at enlarging the zone of necrosis produced 
from a single application of energy. 

Radiofrequency (RF) induced tumor ablation has been used in early clinical trials for the treatment of hepatocellular 
carcinoma [5], hepatic [6 - 9], and cerebral metastases [10] and bony lesions such as osteoid osteomas [11]. Using CT, MR, 
or ultrasound imaging guidance, a thin (usually 21 - 14 gauge) electrode is placed percutaneously directly into the tumor! 
When attached to the appropriate generator, radiofrequency current is emitted from the exposed, non-insulated portion of the 
electrode. As the current attempts to find its path to ground, ion agitation is produced within the tissues surrounding the 
electrode. This agitation is converted by friction into heat, inducing cellular death via coagulative necrosis [12]. Several 
approaches have been used to increase the diameter of coagulation necrosis achieved using conventional RF techniques, 
including: the use of multiprobe [13], hooked [14 - 15], and bipolar arrays [16], saline injections during RF application [7], 
and the use of internally-cooled RF electrodes without and with pulsed or clustered technique [17 - 19]. In this article, we 
describe the development and laboratory results for many of these radiofrequency techniques, initial clinical results, and 
potential biophysical limitations to RF induced coagulation, especially perfusion mediated tissue cooling (vascular flow). 
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2. MODIFICATION OF RF ELECTRODES: 
THE QUEST FOR INCREASED COAGULATION DIAMETER 

2a.   Conventional   Monopolar   Electrodes 

Initial study of monopolar electrodes for percutaneous RF ablation therapy by other investigators involved the use of 
electrodes with no greater than 1 cm metallic tip exposure. This resulted in coagulation necrosis measuring up to 1.6 cm in 
diameter and length [2-3]. By applying RF current to ex-vivo liver tissue via 1.5 cm of exposed 0.38 mm guidewire, 
Sanchez et al. increased the length of induced coagulation to measuring 2 cm in length and diameter [20]. 

We initially investigated the effect of electrode size, tip temperature, and treatment duration on the extent of coagulation 
necrosis using conventional monopolar RF techniques in ex-vivo liver (n = 143) and muscle (n = 20) [4]. 500 KHz 
sinusoidal wave-form generators (Series 3, Radionics Inc., Burlington, MA) were used for all of our experiments. We found 
that the extent of necrosis varied not greater than 3 mm in diameter and not greater than 5 mm in length for each combination 
of variables, when tip temperatures of 90 ± 2° C were used. With 80 ± 2° C tip temperatures, coagulation necrosis was not 
uniform for electrodes greater than 5 cm in length. Increased duration of RF application from 1 to 6 minutes influenced 
lesion diameter, but not length. For example, with the 3 cm electrode, coagulation progressively increased from 0.7 ± 0.2 
cm in liver at 1 minute to 1.4 ± 0.2 cm at 6 minutes. Increased RF application from 6 to 12 minutes did not increase 
coagulation necrosis. Increased electrode tip length from 0.5 to 8 cm was associated with a linear increase in the length of 
coagulation along the electrode shaft from 0.9 ±0.1 cm to 8.0 cm (r2 = 0.996). Using an 18 gauge electrode, coagulation 
diameter also increased from 0.8+ 0.1 cm to 1.5 ± 0.1 cm in liver and from 0.7 ±0.1 cm to 1.2 ± 0.1 cm in muscle as 
electrode tip length was increased from 0.5 - 3 cm. Maximum lesion diameter was achieved with an electrode tip of 3 cm, 
with longer electrodes yielding coagulation of equal diameter. Increasing electrode diameter from 24 gauge to 12 gauge 
increased coagulation necrosis from 0.7 ± 0.2 cm to 1.8 ± 0.1 cm. 

Subsequent in-vivo studies demonstrated the feasibility of RF ablation in normal rabbit liver (n = 14) and lung (n = 8), as 
well as swine muscle (n = 21) [21 - 22]. The length of coagulation was comparable for all in-vivo tissues studied and similar 
to the previously noted ex-vivo results. Necrosis diameter, however, was tissue specific measuring 1.3 ± 0.2 cm for muscle, 
0.9 ± 0.3 cm for liver, and 0.8 ± 0.2 cm for lung. Coagulation volume was significantly smaller for in-vivo liver and lung 
when compared to ex-vivo tissues (p < 0.1). Further studies demonstrated the feasibility of RF induced coagulation necrosis 
in VX2 carcinoma nodules in rabbit lung [23]. Seven 1.0 ± 0.2 cm tumor nodules were treated with a single CT-guided RF 
application. Pathologic examination 0-28 days post-procedure documented complete treatment of three nodules (43%) and 
greater than 95% tumor necrosis in the remainder. Recently, we have treated VX2 nodules implanted in liver (n = 8) and 
muscle (n = 6) with 21 gauge RF electrodes of 1 cm tip exposure. Coagulation necrosis diameter measured 0.8 to 1.4 cm in 
diameter. Viability of peripheral, untreated tumor and cell death in the treated regions has been confirmed by staining for 
mitochondrial enzyme activity with 2% 2,3,5-triphenyl tetrazolium chloride (TTC) and by vitalline dye staining using Evans 
blue. 

The effect of electrode surface temperatures on RF-induced coagulation has subsequently been further defined [21]. RF 
was applied to ex-vivo liver (n = 76) for 6 minutes with constant tip temperature in 10° C increments from 60° C - 120° C, 
using 1 - 7 cm electrodes. Thermistors embedded within the electrodes enabled constant temperature monitoring at multiple 
sites along the electrode surface. Surface temperatures were non-uniform during RF application, with highest temperatures 
observed at the electrode ends. Increased temperature variation was seen both with higher tip temperatures and longer 
electrodes. The diameter of coagulation necrosis was a function of the local mean temperature during ablation. No 
coagulation was seen when the local temperature was less than 50° C. Temperatures above this threshold resulted in 
progressively greater necrosis, reaching 1 cm in diameter at 71° C. Further increases in necrosis diameter to 1.4 - 1.6 cm 
were seen at 80 ± 3° C. Temperatures equal to or greater than 110° C were associated with variable, and often reduced 
coagulation necrosis as tissue charring resulted in rising circuit impedance and markedly reduced RF output. The best fit 
logarithmic curve for temperatures less than 115° C was: 

d = [1.4 + 0.03 L] [1 - e (- 0.067(TL - 49.5))] 
d = lesion diameter 
L = electrode tip length 
TL= local temperature. 
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R2 was 0.986 with 0.14 cm standard deviation for each curve [21]. 

In-vivo confirmation of these results was performed in swine liver (n = 5) and muscle (n = 5) using 90° C tip 
temperatures with 3 cm and 5 cm electrodes [21]. The correlation of local temperature to necrosis diameter fit the same 
logarithmic relation as ex-vivo data, but the threshold for coagulation necrosis was 8.5° C higher for in-vivo specimens. In 
addition, greater variability in temperature was observed in-vivo with a resultant decrease in coagulation uniformity, 
particularly with the 5 cm electrode. These results therefore suggested that RF ablation with conventional electrodes will be 
most successful when high tip temperatures are achieved (90 - 100° C) using electrodes that have no greater than 3 cm tip 
exposure. These temperatures do not induce tissue boiling, vaporization, or charring, but will increase coagulation 
uniformity by maximizing the portion of the electrode surface reaching temperatures capable of causing tissue necrosis. 

2b.    Multiprobe arrays 

We studied the feasibility of increasing the volume of tissue destroyed by a single RF application using multiple free- 
standing, 3 cm tip exposure, conventional RF electrodes in an array [13]. RF was applied to ex-vivo calf liver (n = 66) using 
arrays of two to five 18 gauge probes, for six minutes, at 70 - 90°C. Probe spacing (1-3 cm) and arrangement, as well as 
the method of radiofrequency application (simultaneous or sequential) was varied. Uniform tissue necrosis was observed with 
simultaneous radiofrequency application for probes spaced no greater than 1.5 cm apart. For each array, lesion size varied less 
than 3 mm in any dimension. Greater necrosis was accomplished when radiofrequency was applied simultaneously rather than 
sequentially. 

At l.S cm, arrays of two probes produced coagulation with an elliptical cross-sectional area measuring 3.0 ±0.1 cm in 
long axis and 1.4 ± 0.1 cm in short axis, and three equidistant probes with similar spacing produced spheroid shaped 
coagulation with a diameter of approximately 3.0 ± 0.2 cm. Arrays of four equidistant probes with 1.5 cm spacing produced 
cuboidal cross-sectional areas of coagulation measuring 3.2 ±0.1 cm per side. Electrodes spaced 2 cm apart or greater 
produced independent foci of coagulation which measured 1.4 cm in diameter and had incomplete necrosis between probes. In 
the trials using five probe arrays, a 4 mm in diameter central region showed no visible evidence of tissue necrosis. 

Alternate configurations of a four electrode array including linear, L-shaped and S-shaped arrays with 1.5 cm electrode 
spacing were also studied. Homogeneous coagulation necrosis, generally conforming to the shape of the array, was observed 
for the L-shaped and S-shaped arrays. For the L-shaped arrays, cross sectional length measured 4.S ±0.1 cm with width 
increasing from 1.4 ± 0.2 cm (the diameter of a lesion generated by a single probe) to 3.1 ± 0.2 cm at the base of the "L". 
The S - shaped array produced a uniform elliptical region of coagulation necrosis measuring 5.0 ± 0.2 cm along the long axis 
and 2.9 ± 0.2 cm in the short axis. Uniform necrosis was not observed for the four probe linear array as cylinders of 
coagulation measuring 1.4 ± 0.1 cm in diameter surrounded the outer two probes with variable coagulation necrosis observed 
along the middle two probes. Limited coagulation surrounding the inner electrodes was associated with lower tip temperatures 
and attributed to preferential RF emission at the non-electrically shielded outer electrodes. 

Using this approach, volumes of coagulation necrosis of at least 40 cm were generated by the simultaneous application 
of radiofrequency to multiprobe arrays. For the same treatment duration, this represented over an 800% increase in lesion 
volume created by an array of four probes of 3 cm tip exposure when compared to radiofrequency application using a single 
probe with identical tip exposure. Unfortunately, this strategy has been difficult to implement in clinical practice given the 
technical challenge of precisely positioning multiple needles simultaneously in percutaneous procedures [6]. 

One variation of a multiprobe system, the use of hooked electrodes has become available from two commercial vendors. 
These systems allow the deployment of an array of multiple, curved stiff wires in the shape of an umbrella from a single 14 
or 16 gauge cannula [14 -15]. Using a 12 hook array in in-vivo porcine liver, LeVeen has applied RF at 50 watts for five 
minutes with sequential 8% power increase up to 80 Watts for a total of 10 - 12 minutes to produce spherical regions of 
coagulation necrosis measuring up to 3.5 cm in diameter [14]. Similar results were found by Siperstein et al. who applied 30 
- 50 Watts for 15 minutes to a four pronged electrode [15]. Reduction of blood flow by clamping of the porta hepatis, or 
repositioning of the electrodes (turning the electrode catheter 45° for a second insertion) were necessary to achieve reproducible 
3.5 - 4.0 cm of coagulation in in-vivo pig liver. These investigators further treated 13 neuroendocrine tumors in 6 patients. 
Preliminary results (clinical and 3 month CT follow-up for 11 lesions) suggests complete ablation of these tumors [15]. 
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2c.    Bipolar arrays 

McGahan et al. have used a bipolar radiofrequency ablation system in ex-vivo liver to increase the coagulation volume 
induced by a single application of RF compared to a conventional monopolar electrode [16]. In their work, a second, ground 
electrode was placed in close proximity (within four centimeters) to the active electrode. In these systems, heat is generated 
not only about the active electrode, but also the ground, resulting in larger, eliptiform zones of coagulation necrosis (up to 
4.0 cm; long axis). However, the short axis of the cross-sectional area of induced coagulation measured only 1.4 ± 0.2 cm. 
Although this represents a volume increase compared to conventional monopolar RF, the shape of the induced necrosis does 
not conform to that of most tumors, so that the real gain in treatment effect is less significant. Thus, with this bipolar RF 
technique, multiple treatment sessions would be required in order to treat lesions greater than 1.5 cm in diameter. 

2d.    Saline injection during RF ablation 

Another strategy used to increase the extent of coagulation using a single electrode insertion, is that of injecting normal 
saline into the tumor through tiny holes at the distal end of the electrode, during radiofrequency application. Using this 
technique, with continuous infusion of normal saline at 1 mL/min in experimental animal models, Livräghi et al. reported 
coagulation of up to 4.1 cm in diameter [7]. This strategy seemed to confirm an initial hypothesis that high local ion 
concentration from saline injection could increase the extent of coagulation necrosis by effectively increasing the area of the 
active surface electrode. Other possible explanations for the increase in coagulation include reduced effects of tissue 
vaporization (i.e. allowing for probe to tissue contact despite the formation of electrically insulating gases), or possibly 
diffusion of boiling saline into the tissues. Unfortunately, clinical results with this technique have been somewhat 
disappointing. In Livraghi's clinical series of 14 patients with tumors up to 4.5 cm in diameter, coagulation volume was 
unpredictable and irregularly shaped [7]. More importantly, partial necrosis was observed in some lesions smaller than 3 cm. 

2e.     Internally-cooled electrodes 

We have recently characterized a novel, internally-cooled RF electrode capable of inducing increased coagulation when 
compared to conventional RF electrodes [17]. Two hollow lumens within an electrode enable internal cooling of the tip with 
chilled perfusate. As a result, heating of tissues nearest to the electrode is reduced. This allows for greater current deposition 
without tissue charring or impedance rises. We studied the effects of procedure duration (3 - 60 minutes), RF output (3 - 100 
watts; 100 -1,200 mA), electrode tip length (1-4 cm), and tip temperatures (15 - 90° C) in ex-vivo liver (n = 265) using an 
18 gauge electrode [17, 24]. With internal electrode tip cooling, RF energy deposited into tissue and resultant coagulation 
necrosis were significantly greater (p < 0.001) than that achieved without electrode cooling. Maximum RF electrode tip 
cooling was 15 ± 2° C using 0° C saline as the perfusate. With this degree of cooling, a maximum of 350 mA, 550 mA, 
750 mA, and 1,100 mA of RF current could be applied for 60 minutes using 1 cm, 2 cm, 3 cm, and 4 cm electrodes, 
respectively, without observed tissue charring. For all electrode lengths, coagulation volume increased progressively as 
treatment duration increased to 40 minutes, but did not increase with longer treatments. Maximum diameter of coagulation 
measured 2.5 ± 0.2 cm, 3.0 ±0.1 cm, 4.5 ± 0.2 cm, and 4.4 ± 0.3 cm for the 1 cm, 2 cm, 3 cm, and 4 cm electrode tips, 
respectively. With tip temperatures of 25 - 35° C (less cooling), tissue charring occurred after only 750 mA (50 watts) had 
been applied to the 3 cm electrode tip for 12 minutes, resulting in necrosis measuring 3.0 ± 0.2 cm in diameter. Reduction 
of internal-cooling to maintain a tip temperatures of 45 - 55° C did not avoid tissue charring or permit increased RF current 
compared to conventional monopolar electrodes. As a result, necrosis diameter measured 1.5 ± 0.2 cm. As with 
conventional electrodes, reducing either the RF current or treatment duration resulted in smaller volumes of coagulation 
necrosis for any given tip temperature. Similar results have been reported by Lorentzen who applied RF to ex-vivo calf liver 
using a 14 gauge internally-cooled electrode and 20° C perfusate [18-25]. 

Subsequent ex-vivo thermometry studies compared the relative heat distribution in tissues surrounding 3 cm internally- 
cooled electrodes over 12 minutes of RF application with (n = 3) and without (n = 3) cooling [17]. Without cooling (90 ± 2° 
C tip temperature; 420 ± 20 mA), a rapid decrease in temperature was observed from the electrode surface so that lethal 
temperatures (50° C) were observed only 0.7 cm from the electrode. With internal cooling of the tip to 25 ± 2° C (750 ± 25 
mA), however, temperatures increased to 90° C at 5 mm from the electrode and then decreased to 50° C at a distance of 1.6 ± 
0.2 cm. Coagulation diameters were consistent with thermal data as 1.4 cm and 3.0 ±0.1 cm of necrosis were seen without 
and with cooling respectively.   Additional experiments (n = 12) have demonstrated that thermal equilibrium is not reached 
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within the greater volume of heated ex-vivo liver until 36 ± 4 minutes [24].  This finding likely accounts for the increased 
treatment duration required to obtain maximum coagulation with internally-cooled electrodes. 

Confirmatory in-vivo studies using cooled-tip electrodes have been performed in normal swine muscle (n = 28) and liver 
(n = 11) with tip temperature £ 35° C [17, 25]. In muscle, 400 - 1,250 mA of RF current was deposited for 12 minutes. 
Diameter of coagulation increased with increasing RF current from 1.8 ± 0.1 cm to 5.4 ± 0.2 cm at maximum current. 
Following cessation of RF application and cooling, temperatures at the electrode tip increased to 82 ± 4° C within 60 seconds 
and remained above 60° C for a minimum of 2.5 minutes. In normal liver, however, only 2.3 ± 0.2 cm of coagulation was 
observed regardless of current applied (750 -1,000 mA) or treatment duration (12 or 30 minutes). Necrosis was significantly 
smaller than that observed in ex-vivo trials using identical RF parameters (p < 0.01). Furthermore, temperatures at the 
electrode tip increased to only 64 ± 9° C and in all cases had decreased to 60° C within 60 seconds (p < 0.05 compared to 
muscle). 

A study from our laboratory using internally-cooled RF electrodes in six rabbits with 1 cm VX2 tumor nodules in liver 
has demonstrated the feasibility of obtaining an adequate surgical resection margin for small tumors. Coagulation of the 
entire nodule and 5 - 8 mm of surrounding normal liver was seen in every case. The extent of coagulation, however, was no 
greater than 2.5 cm in diameter. In a clinical trial at our institution, 16 patients with primary (n « 3) or metastatic (n s 13) 
hepatic malignancy measuring 2.8 ± 0.4 cm have undergone treatment, with a single RF application using an internally- 
cooled electrode (12 - 20 minute duration at 600 -1,000 mA) up to 5 days prior to scheduled metastasectomy [26]. For this 
study, the electrode tip was maintained at 90° C for 1 minute prior to internal-cooling of the electrode to ensure adequate 
ablation of the cooled portions of the tumor adjacent to the electrode. Pathologic analysis demonstrated a zone of continuous 
coagulation necrosis measuring 1.8 - 3.6 cm in diameter when RF deposition was greater than 850 mA. Complete treatment 
of the entire tumor, however, was achieved in only three cases. 

2f. Pulsed RF 

We conducted a set of experiment to determine if increased coagulation necrosis could be achieved with higher peak RF 
currents applied to internally-cooled electrodes in a pulsed fashion [19]. This strategy was chosen in an attempt to apply 
greater local current density to tissues while preventing tissue boiling near the electrode by allowing for heat dissipation in 
this region. RF was applied in ex-vivo (n - 68) and in-vivo porcine liver (n = 10) to electrodes of 3 - 5 cm tip length for 10 - 
40 minutes with cooling of the electrode tip to 15 - 25° C using two strategies for RF application. In one group (n ■ 39), RF 
application was continuous at the maximum current achievable without impedance rises (750 -1,350 mA; "constant RF'). In 
the second group (n = 39), RF was applied with the higher peak current sustainable for 15 seconds (1,500 - 2,000 mA) 
alternated with purposeful reduction of the current to 500 mA for 15 seconds ("pulsed RF'). The total duty cycle for this 
"pulsed" technique was 30 seconds. With 15 minutes of pulsed RF in ex-vivo liver, 3.6 ± 0.1 cm, 4.0 ± 0.2 cm, and 4.0 ± 
0.1 cm coagulation diameter were achieved using 3, 4, and 5 cm electrodes, respectively. Necrosis was greater than that 
produced using constant RF application (2.9 ± 0.1 cm, 2.9 ± 0.2 cm, and 3.5 ± 0.1 cm diameters, respectively; p < 0.05). 
With 30 minutes of RF application, necrosis diameters were larger (4.1 - 4.5 cm), but no significant difference was seen 
between pulsed and constant RF technique. Remote thermometry experimentation (n = 8) demonstrated more rapid 
temperature increases at 10 and 20 mm from the electrode using pulsed RF technique. Coagulation produced in-vivo with 12 
minutes of RF application (3 cm tip) was 2.8 ± 0.2 cm with pulsed RF as compared to 2.4 ± 0.2 cm with constant RF (p < 
0.01). Thus, pulsed application of RF enabled overall greater energy deposition and more rapid heat deposition within treated 
tissues when compared to constant RF application to internally-cooled electrodes. Nevertheless, significant work is still 
required to determine the best parameters for delivering pulsed energy. It is currently unknown what duration of either peak 
energy or reduced energy deposition, or length of the duty cycle chosen is optimal for inducing the greatest volume of 
coagulation necrosis. 

2g.    Cluster RF 

Initial experiments performed in ex-vivo liver (n = 36) determined that simultaneous RF application (1,100 mA for 10 
minutes) to arrays of three, 2 cm tip exposure internally-cooled electrodes spaced equidistantly at 0.5 or 1 cm apart could 
produce a uniform circular cross-sectional area of coagulation necrosis measuring 4.1 ± 0.2 cm in diameter. Simultaneous 
RF application to arrays spaced 1.5 - 2.5 cm apart produced clover-leaf shaped lesions with maximum diameter of coagulation 
measuring up to 4.5 cm. However, within this area were peripheral areas of non-necrosis.   With 3 cm spacing of the array, 
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three individual lesions measuring 2.5 + 0.1 in diameter were seen. Smaller volumes of coagulation necrosis were produced 
when RF (550 mA) was applied sequentially in ex-vivo liver to each of the three electrodes for 10 minutes (total of 30 
minutes) compared to simultaneous RF application (p < 0.05) with only 0.5 cm electrode spacing of the array resulting in a 
nearly circular cross-sectional area of coagulation (2.8 ± 0.2 cm in diameter. 

Based upon these initial results, the effects of RF electrode tip length and the duration of RF application were studied 
using a cluster of three internally-cooled electrodes spaced equidistantly 0.5 cm apart. Radiofrequency was applied to ex-vivo 
liver (n = 68), in-vivo liver (n = 12) and muscle (n = 15) using electrode tip lengths of 1.5 - 3.0 cm with pulsed-RF 
deposition (1,400 - 2,150 peak mA) for 5-60 minutes. Pulsed technique was modified from prior experiments so that 
current was reduced from the peak current to 500 mA for 15 seconds only when impedance rose more than 10 ohms over 
baseline. This resulted in substantially fewer reductions in generator output, particularly during the first few minutes of RF 
deposition. 

In ex-vivo liver, simultaneous RF application to internally-cooled electrode clusters for 15, 30 and 45 minutes produced 
4.7 ± 0.1 cm, 6.2 + 0.1 cm, and 7.0 ± 0.2 cm of coagulation, respectively (Figure 1). Application to a single electrode for 
45 minutes resulted in coagulation measuring 2.7 ± 0.2 cm. Remote thermometry in ex-vivo liver (n = 8) using 
thermocouple probes placed 1 - 4 cm from the electrode surface demonstrated greater heat deposition over 45 minutes of RF 
application in tissues surrounding a cluster of three 2.5 cm tip electrodes compared to single 2.5 cm electrodes. In in-vivo 
liver and muscle, RF applied to electrode clusters for 12 minutes yielded 3.1 ± 0.2 cm and 7.3 ± 0.4 cm of coagulation, 
respectively. By comparison, only 1.8 cm of coagulation was induced in in-vivo liver and 4.3 cm in in-vivo muscle when 
single internally-cooled electrodes when otherwise similar technique was used (p < 0.01). Thus, the increase in coagulation 
diameter in in-vivo muscle from 4.0 cm to 7.3 cm compared to a single internally-cooled electrode represents an 83% increase 
in diameter and a 608% increase in volume. RF application (2,000 mA) to an electrode cluster for 30 minutes in in-vivo 
muscle produced coagulation measuring 9.5 ± 0.5 cm in diameter with coagulation extending into the retroperitoneum and 
into the overlying tissues. 
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Figure 1: Duration of clustered RF application vs. coagulation diameter 
The diameter of coagulation necrosis obtained by simultaneously applying RF to a single electrode or clusters of three 
internally-cooled electrodes spaced 0.5 cm apart in ex-vivo liver are presented. Peak currents applied using pulsed RF delivery 
were 1,200 mA, 1,900 mA, 2,100 mA, and 2,150 mA (maximum generator output) for the single 3 cm, and the clustered 2 
cm, 2.5 cm, and 3.0 cm electrode tips, respectively. Results with the 3 cm electrode tip cluster suggest that greater generator 
output potential may have resulted in induction of even greater coagulative necrosis. 
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Ten patients with solitary intrahepatic colorectal metastases (4.2 - 7 cm) were also treated with RF ablation using cluster 
electrode technique (three internally-cooled electrodes spaced 0.5 cm apart). Each of the ten colorectal metastases were treated 
with a single 12 to 15 minute application of RF at 1,600 - 1,950 peak mA. Contrast enhanced spiral CT images acquired 1 - 
10 days post-ablation demonstrated a minimum short axis diameter of coagulation necrosis of 4.2 cm with a mean of 5.3 ± 
0.6 cm. Overall shape of the induced coagulation was not spherical in several cases, and generally conformed to the shape of 
the tumor. Large blood vessels limited the extent of coagulation in two cases. Coagulation extended a minimum of 5 mm 
beyond the tumor margin in 7 cases, and greater than one cm beyond all tumor margins in 5 cases. In three cases, 
coagulation necrosis extended approximately to the border of the tumor-liver interface with no margin of coagulated tissue 
surrounding the ablated tumor. 

Simultaneous application of RF current to a cluster of three closely spaced internally-cooled electrodes, offers the 
potential of large volume coagulation necrosis for clinical tumor ablation therapy. RF application to electrodes spaced no 
greater than 1 cm apart produces larger, more spherical regions of coagulation than otherwise identical RF application to three 
electrodes spaced 2 cm apart or greater. While these results appear counterintuitive, this phenomenon of greater coagulation 
necrosis with relatively closely spaced electrodes can be explained by the electrodes functioning as if they were a single large 
electrode. 

The use of clustered technique with high current densities (> 1,500 mA) has increased the risk of one significant potential 
complication, burns at the grounding pad site. For these high currents, larger area grounding pads are necessary to dissipate 
heat and prevent burns at the grounding pad site. Inadequate grounding pad surface area (96 cm1) resulted in third degree burns 
at the grounding pad site following two 30 minute applications of RF at 2,000 mA. In subsequent trials of similar RF 
application in which larger grounding pads (400 cm2) were employed to allow for greater heat dispersion, no burns were 
observed. However, even with this larger grounding surface area, a 1 x 2 cm second degree burn with blister formation was 
observed at the proximal edge of a grounding pad in the clinical trial. This lesion was treated with silvadine ointment, and 
healed within 2 weeks. 

3. FACTORS LIMITING COAGULATION NECROSIS IN-VIVO 

RF-induced coagulation necrosis has been more limited and variable in-vivo, particularly in clinical practice, compared to 
the reproducible results obtainable in ex-vivo tissues. Substantial evidence has been accumulated suggesting that perfusion 
mediated tissue cooling (vascular flow) reduces the extent of coagulation necrosis produced by RF. Decreased volume of 
coagulation has been observed in in-vivo liver compared to ex-vivo and non-perfused liver [15, 17] and coagulation necrosis 
in-vivo is often shaped by hepatic vasculature [6,8,14]. We therefore performed a series of experiments to determine to what 
extent the alteration of hepatic perfusion during RF ablation by mechanical or pharmacological means could account for the 
differences in observed coagulation, and whether perfuskm-mediated tissue cooling can explain the reduced coagulation 
observed in-vivo [27]. The data to be presented strongly support the contention that hepatic blood flow is largely responsible 
for reduced coagulation observed in in-vivo liver. A heat-sink effect, similar to the cooling properties of the perfused 
internally-cooled needle, likely prevents the thermal build-up (50° C) in-vivo necessary to induce coagulation in tissues at a 
distance from the electrode. 

3a.    Mechanical occlusion 

RF was applied using 3 cm tip internally-cooled electrodes (750 -1,000 mA) to normal in-vivo porcine liver without (n 
= 8) and with balloon occlusion of the portal vein (n = 8), celiac artery (n = 3), or hepatic artery (n ■ 2), and to ex-vivo calf 
liver (n=10). A greater coagulation necrosis diameter was achieved when RF was applied for 12 minutes during portal venous 
occlusion than RF with applied unaltered blood flow (2.9 ±0.1 cm vs. 2.4 ± 0.2 cm diameter, p < 0.01). The extent of 
coagulation obtained with portal venous occlusion was greater in every case than the extent of coagulation achieved in any 
trial with normal blood flow. With celiac and hepatic artery occlusion, coagulation diameter measured 2.7 ± 0.2 cm and 2.5 
± 0.1 cm, respectively. Coagulation in ex-vivo liver was also 2.9 ±0.1 cm in diameter. The difference in coagulation 
diameter, therefore, correlated to an approximate reduction in hepatic blood flow. Concomitant administration of intraarterial 
or intravenous vasopressin (0.3 - 0.6 units / minute) to further reduce splanchnic blood flow, in addition to celiac (n = 7) or 
hepatic (n = 3) arterial occlusion produced a mean 3.4 ± 0.2 cm of necrosis. Intraarterial vasopressin infusion alone (n = 2), 
however, paradoxically decreased the extent of observed coagulation to 1.1 cm. 
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We have further studied the effects of mechanical occlusion on coagulation and heating during RF application in seven 
patients undergoing intraoperative RF therapy at our institution [27]. In three patients, two similar sized hepatic colorectal 
metastases (2.2 - 4.2 cm) were treated using internally-cooled RF electrodes with identical parameters of RF deposition (15 - 
20° C tip, 900 - 1,000 mA, 12 minute duration). For each patient, one lesion was treated without altering blood flow, and 
the second was treated during portal inflow occlusion (Pringle maneuver). The extent of coagulation was greater in each case 
with inflow occlusion (4.0 ± 1.3 cm vs. (2.5 ± 0.8 cm; p < 0.05). In four additional patients with 2.4 - 3.8 cm colorectal 
metastases, remote thermometry demonstrated increased heating from 62° C to 72 °C at 1.0 cm and 39° C to 50 °C at 2.0 cm 
from the electrode within five minutes from initiation of portal inflow occlusion during constant RF application. The 10° C 
temperature increase observed 2 cm from the electrode was of extreme clinical significance as the threshold for induction of 
coagulation necrosis (50° C) [21] was reached by reduction of blood flow. 

3b.    Pharmacologic modulation of blood flow: 

RF was applied for 10 minutes at constant current (500 mA) to exposed normal in-vivo porcine liver (n = 17) using 1.5 
cm tip internally-cooled electrodes (15 - 20° C cooling). Blood flow was modulated using intraarterial vasopressin (0.3 - 0.6 
units / minute; n = 5) or high dose halothane (3 - 5%; n = 5). Laser Doppler techniques quantified changes in hepatic blood 
flow and demonstrated a 33% increase in blood flow with vasopressin and a 66% decrease in blood flow with halothane. 
Coagulation diameter measured 1.3 ± 0.3 cm with vasopressin administration, 2.2 ± 0.4 cm with normal blood flow, and 3.2 
± 0.1 cm with halothane administration. Correlation of blood flow to coagulation diameter was good with r2 = 0.78. 

4. CLINICAL RESULTS 

4a.  Hepatic  malignancy 

Much of the interest in the development of radiofrequency tumor ablation has been directed at hepatic malignancies. For 
these lesions, minimally-invasive techniques particularly have the potential to dramatically alter patient outcomes, since 
existing therapies either are associated with significant morbidity and mortality, or have limited efficacy [1]. For example, 
hepatocellular carcinoma is often seen in the setting of hepatic cirrhosis, especially in high incidence areas such as Italy and 
the Far East. In these patients, liver dysfunction and associated coagulopathy combine to make surgical resection an 
unacceptably risky procedure. The development of in-situ ablative therapy using percutaneous ethanol instillation (PEI) has 
already provided an acceptable alternative to surgery for many of these patients [28]. RF tumor ablation offers another 
potential method for treating these lesions. 

The rationale for local treatment of hepatic metastases is based primarily on the success achieved using a surgical 
approach. Without resection, the prognosis for patients with hepatic metastases from colorectal carcinoma is dismal, with 5- 
year survival reported to be less than 1% and median survival estimated at 9.6 months [29]. Unfortunately, systemic 
chemotherapy, radiation therapy, and PEI have been relatively unsuccessful in significantly improving patient outcomes, with 
the result that hepatic resection (metastasectomy) is the only widely available curative treatment for these patients. With 
resection, 30 - 35% 5-year survival can be achieved with proper patient selection [30 - 32]. However, despite its success in 
improving overall patient survival, metastasectomy is associated with significant morbidity, as well as a perioperative 
mortality rate of 2 - 10 % [30 - 32]. Furthermore, only a small fraction of patients with hepatic metastases can actually 
undergo metastasectomy as they are either deemed poor surgical risks, or the number and distribution of their tumors does not 
permit complete resection while at the same time leaving behind an adequate volume of normal liver to support life. 
Nevertheless, the success of hepatic metastasectomy in certain patients has led many investigators to speculate that similar 
results might be obtained with an effective in-situ ablative technique. In addition, because it would be less invasive than 
surgical resection, such a technique could be applicable to many patients who would not be considered for metastasectomy. 

To date, five series using different methods of radiofrequency application for the treatment of hepatic malignancies have 
been reported as peer-reviewed, full length articles [5 - 8, 15]. These will be reviewed below. However, it cannot be stressed 
enough that these results are preliminary, and an assessment of safety and efficacy of RF tumor ablation cannot be adequately 
performed until the results of additional clinical trials are available. Abstract presentation of other series of RF treatment for 
hepatic malignancy have begun to appear, and should provide further insight into these questions [26,33]. 
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Rossi et al. [5] treated 39 patients with small hepatocellular carcinomas and 11 patients with 13 hepatic metastases using 
multiple insertions of conventional monopolar and bipolar radiofrequency electrodes over multiple treatment sessions. All 
but one of the tumors were less than 3.5 cm in diameter. For patients with hepatocellular carcinoma, median survival was 44 
months, with less than 10% local recurrence over a mean follow-up of 22.6 months. For patients with metastases, only one 
patient was alive without evidence of tumor at one year, and local recurrence was evident at CT or pathology in 55% of 
patients. 

Solbiati et al. [6] have treated 31 tumors in 16 patients with metastatic gastrointestinal carcinomas measuring 1.5 - 7.5 
cm in diameter using conventional monopolar technique with and without multiprobe arrays. Complete treatment as defined 
as no evidence of local tumor growth by CT and MR imaging at 6 months of follow-up was achieved in 66.6% of these 
lesions; all of which were less than 3 cm in diameter. Disease free survival was achieved in 50% of patients with mean 
follow up of 16.6 months. Overall survival was 100% at one year and 61.5% at two years [34]. Solbiati et al. have also 
reported a series of 29 patients with 44 hepatic metastases from colorectal and other gastrointestinal malignancies measuring 
1.5 - 4.5 cm in diameter who were treated using internally-cooled electrodes [8]. In this series, no more than two treatment 
sessions were required for any patient. No evidence of local recurrence was seen in 84% of these lesions with a mean follow- 
up of 7.9 months (range 3-15 months), and disease free survival was seen in 66.7 % of patients. 

Livraghi et al. [7] treated 14 patients with 24 hepatic metastases (1.2 - 4.5 cm diameter) and one patient with 
cholangiocarcinoma using conventional radiofrequency electrodes and simultaneous intraparenchymal saline infusion. 
Complete necrosis of the tumor at six months follow-up was achieved in 52% of the lesions, all of which were smaller than 
3.5 cm in diameter. 

Siperstein et al. [15] treated 13 neuroendocrine tumors measuring from 1.5 - 8.0 cm in diameter in 6 patients using a 
laparascopic approach to deploy a hooked-electrode system. One to eight application of RF were used to apply 30 - 50 Watts 
for 5 -15 minutes. Procedure duration lasted from 1:45 to 7:05 hours. Preliminary results were encouraging as 3 month CT 
follow-up for 11 lesions suggested complete ablation of these tumors, and the authors reported "symptomatic improvement in 
patients with secreting tumor". However, the extremely short duration of follow-up Qtss than the 6 months necessary to 
visualize residual tumor by CT [8,9]) for 2/3 of the patients and the use of subjective patient symptoms over "incomplete" 
biochemical data as an endpoint strongly suggest that further follow-up is necessary before firm conclusions can be reached 
about this technique. 

Few complications have been reported by these investigators. Rossi et al. and Siperstein et al. reported no complications 
in their series of 39 and 6 patients, respectively [5, 15]. Solbiati et al. observed two cases of self-remitting intra-peritoneal 
bleeding, one each using conventional and cooled-tip electrodes [6,8]. One case of transient ascites was reported by Livraghi 
et al., and attributed to the saline infusion [7]. 

4b.    Other neoplasms 

Peer reviewed reports of RF tumor ablation have also been published for the treatment of brain tumors [10] and osteoid 
osteomas [11). Additionally, we are aware of several ongoing, unpublished studies of RF ablation of primary prostatic and 
renal tumors, as well as osseous and pulmonary metastases. 

Anzai et al. have used MR-guided stereotactic RF ablation to treat 14 brain tumors in 12 patients with primary and 
metastatic brain tumors [10]. Multiple RF applications were applied using a conventional electrode heated to 80° C for 1 
minute. Repeated RF applications were performed until the entire tumor volume was destroyed. Sequential MR imaging for a 
minimum of 10 months follow-up suggested local control. 

Rosenthal et al. have used conventional RF electrodes for in situ ablation of osteoid osteomas, small (< 1.5 cm), painful 
benign bony lesions [11, 35]. In their initial report, 18 patients were treated with a single 6 minute RF application with tip 
temperature of 90° C [11]. Pain was completely relieved in 16 (89%), and all patients resumed normal daily activities 
immediately. Their latest series which now includes over 100 patients (50 with greater than 2 year follow-up) reports 
complete treatment in over 95% of cases [35]. 
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5. CONCLUSIONS 

Percutaneous image-guided application of radiofiequency is a relatively new strategy for inducing thermally-mediated 
coagulation necrosis. As such, RF ablation may ultimately prove beneficial as a minimally invasive method for treating 
focal malignant disease. Because the goal of tumor eradication necessitates ablating the entire tumor and a 0.5 - 1 cm 
peripheral margin of grossly normal tissue, complete ablation of the entire neoplasm requires the induction of large volumes 
of coagulation necrosis. Several recent technical innovations, including RF application to multiple and/or internally-cooled 
electrodes enable increased energy deposition into tissues with a resultant increase in the volume of induced coagulation 
necrosis. These advances are timely because many sequential, overlapping applications of RF to a single electrode are required 
to treat all but the smallest of tumors using conventional monopolar electrodes which is difficult to accomplish in clinical 
practice. Simultaneous pulsed-RF application to a cluster of three closely spaced internally-cooled electrodes enables larger 
volume necrosis in ex-vivo liver, in-vivo tissues, and hepatic colorectal metastases than previously reported for a single 
application of radiofrequency or any other percutaneous technique. The use of clustered electrodes may therefore allow the 
treatment of larger metastases with a single application of radiofrequency. 

Optimization of RF energy delivery and/or modulation of tumor or organ biology may allow tailoring of induced tissue 
destruction, thereby enabling adequate and predictable treatment of tumors. However, perfusion mediated tissue cooling limits 
both tissue heat deposition and the extent of coagulation necrosis induced by RF tumor ablation in vascular tissues and 
tumors. Development of strategies to reduce blood flow during RF tumor ablation may ultimately allow for improved 
treatment effect. Preliminary clinical studies encourage optimism about the future of RF ablation techniques, particularly for 
the treatment of hepatic neoplasms. However, further study is necessary to determine under which conditions a particular 
method will prove superior to others, and to determine whether any of these methods can improve patient outcomes. 
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ABSTRACT 

Quantitative and qualitative histopathologic techniques were used to compare the distribution, 
severity and depths of acute thermal lesions formed by in vivo placement of three different intracavitary 
thermal balloon instruments in the uteri of 19 women scheduled for hysterectromy. Thermal damage 
reflected by 1) Nitro Blue Tetrazolium stains separating "living" from "dead" tissues, 2) red zone 
formation and the 3) presence of a clear zone observed in histologic slides extended into the 
myometrium. One hysterectomy specimen removed 4 days after treatment showed superficial slough of 
the endometrium but solid, coagualtion necrosis of the deeper endometrium and adjacent myometrium. 
The treatment effect and success of intracavitary thermal coagulation may be related to a delicate balance 
of complete irradication of endometrium versus fibrous stricture and intracavitary adhesions of the 
uterus. 

Key Words: thermal endometrial ablation, pathology 

INTRODUCTION 

Dysfunctional uterine bleeding is prolonged, high volume uterine hemorrhage that tends to occur 
at the time of menarche (onset of menses at puberty) and at the time of menopause. The bleeding is 
secondary to unbalanced secretions of pituitary and ovarian hormones leading to erratic and abnormal 
endometrial responses that culminate in hemorrhage. [1] Significant dysfunctional uterine bleeding can 
lead to significant blood loss and iron deficiency anemia. Symptomatically, the patient can suffer severe 
cramps and the nuisance of prolonged hemorrhage. Treatments have included supplemental hormonal 
therapy, mechanical curettage of the endometrium, hysterectomy and various energy applications for 
endometrial "ablation". 

The desired clinical end point of endometrial "ablation" is to control ("ablate") dysfunctional 
uterine bleeding by removing ("ablating") the endometrium without causing unwanted complications. [2] 
Intracavitatary endometrial thermal coagulation using various instruments have been applied with some 
treatment success. [3-12] 

The goal of the current study was to use qualitative and quantitative pathological techniques to 
describe the distribution and depths of acute thermal damage produced by three different intracavitary 
endometrial thermal coagulation instruments, 1) a multielectrode air-filled balloon, 2) a circulating heated 
fluid balloon and 3) a non-circulating heated fluid balloon. 

MATERIALS AND METHODS 

Nineteen women already scheduled for hysterectromy for dysfunctional uterine bleeding (n=14), 
pelvic relaxation syndrome (n=3) and leiomyomas (n=2) gave informed consent for application of one of 
the thermal instruments while under general anesthesia just before removal of the uterus. Before surgery, 
the women underwent physical examination, endometrial biopsy to rule-out endometrial hyperplasia and 
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neoplasia, ultrasound uterine measurements and were given oral birth control pills to regulate their 
menstrual cycle to the early proliferative phase (thin, regenerating endometrium). The women were 
divided into three treatment arms: 1) multielectrode balloon (n = 5), 2) circulating fluid balloon (n = 5) 
and non-circulating balloon (n =5). Two women had intracavitary application and expansion of balloons 
(multielectrode n = 1 and circulating n = 1) but no heating (sham operation controls). One woman 
underwent cavitary heating (multielectrode) but did not have her hysterectomy until four days after the 
thermal treatment. One uterine specimen was eliminated from the study because the patient was found to 
have pathologic endometrial hyperplasia requiring immediate detailed pathologic evaluation. 

The general configurations of the intracavitary balloons are presented in Figure 1. 

Multielectrode, Air-Filled Balloon Circulating Heated Fluid-Filled Balloon 

ermistors 

Conducting 
Patches 

eater 

Temperature 
Sensor 

Non-circulating Heated Fluid-Filled Balloon 

Heater 
.Temperature Sensor 

Figure 1. The balloons are filled with air (multielectrode) or fluid (circulating and non-circulating) and 
expanded to fill the uterine endometrial cavity. The uterus is heated by the 1) radiofrequency conducting 
patches applied to the endometrial surface by expansion of the balloon with air, 2) circulating and 3) non- 
circulating heated fluid within the balloons. The balloon temperature sensors monitor temperatures at the 
endometrial surface (multielectrode) or along the heater (circulating and non-circulating) and trigger 
temperature feedback systems to maintain the heating temperatures at preset levels. 

After general anesthesia was obtained, the deflated balloons were inserted into the patient's 
endometrial cavities via the cervical canal, then inflated. After the heat-up intervals (ranges: S2.S-68.0 
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seconds), the treatment temperatures were maintained by temperature sensor-driven feedback systems for 
the recommended times . (Table 1). 

Table 1. 

Treatment Temperatures and Times 

Balloon  Type Treatment Temperatures 
(°C) 

Treatment Times 
(Minutes) 

Multielectrode, Air-filled 75 4 

Circulating, Fluid-filled 76-77 15 

Non-circulating, Fluid-filled 87 8 

After thermal treatment, the balloons were deflated and withdrawn. The patients then underwent 
vaginal or abdominal hysterectomy. Immediately upon removal of the uteri, they were opened along the 
left and superior and right sides and opened like a book to expose the endometrial and cervical canal 
surfaces. The entire uteri and cervices were dissected into blocks guided by a predetermined grid pattern 
to insure that each region of the uterus would be studied pathologically. Each block was a transmural 
section including endometrium (or cervical mucosa), myometrium and serosa. A total of 24 blocks of 
tissue were subjected to the following tests: 

Vital Enzyme Staining with Nitro Blue Tetrazolium (NBT): 

Selected blocks of fresh tissue (n = 12/uterus) were submerged in a solution of buffered aqueous 
NBT in tris buffer for 15 minutes, blotted and placed in 10% buffered formalin for fixation. This reagent 
demonstrates the presence of vital respiratory and metabolic enzymes, therefore is used to distinguish 
"living" from "dead" tissues in gross specimens. [13] The boundaries separating the non-colored 
("dead") zone from the colored ("alive") zone were measured in the fixed specimens. 

Red Zone of Thermal Damage: 

The outer boundary of a red band (zone) of thermal damage was measured in the fixed 
specimens. This zone consists of thermally-induced vascular injury including hemorrhage, hemostasis 
and hyperrhemia [14,15] The surface red zone was obscured by the NBT reaction therefore, in the NBT 
specimens, the outer red zone boundary was measured of cut surfaces about 2 mm deep to the NBT 
stained surfaces. 

Histological Clear Zone of Thermal Damage: 

A clear zone with a boundary forms as a result of cellular thermal coagulation and shrinkage 
leading to formation of clear spaces within and among the cells. In addition, the clear zones were marked 
by dilatation of vascular spaces consistent with lymphatics. The boundaries of this clear change were 
measured macroscopically on tissue sections. 
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Measuring Techniques: 

The individuals making the measurements did not know which specimen had received what 
treatment until all measurements were finished. All gross and microscopic section depth measurements 
were made with calibrated calipers measuring perpindicularly from the endometrial surface to the 
observable boundaries. Three measurements per transmural surface were made of the NBT and the outer 
red zone boundaries in the gross specimens and the clear zone boundaries for each histologic section 
using the calibrated calipers. Each measurement set was averaged, rounded off to the nearest 0.1 mm. 
and standard deviations were calculated. Because these measurements were made in fixed or paraffin 
processed specimens, the measurements are relative, not absolute. 

Histology Preparation: 

The superior, medial and inferior surfaces of each fixed tissue block were submitted for paraffin 
sections. Three microscopic slides stained with hematoxylin and eosin were prepared from each surface 
specimen. Microscopic evidence of thermal damage including tissue coagulation, cell shrinkage, 
glandular epithelial spindling, hemorrhage, hemostasis and hyperemia were evaluated. 

RESULTS 

As the result of hormonal pretreatment, most of the endometria were relatively thin with NBT, 
red zone and clear zone thermal damage boundaries extending through the endometrium into the 
subjacent myometrium in all three treatment groups. [Figure 2] However, the damage was variable in the 
circulating and non-circulating balloon groups with a significant number of very shallow (<, 1 mm) 
thermal lesions confined to the endometrium. In addition, the thermal lesions frequently did not involve 
endometrium at the narrow junction of the uterus to the tube (cornua) and in the narrowly angled lateral 
sides where the posterior and anterior uterine walls meet. 

The NBT and outer red zone boundaries were distinct in most but not all of the multielectrode and 
circulating fluid balloon gross specimens but, frequently, were mottled in the non-circulating balloon 
specimens. In general, the inner boundaries of the red zones coincided with the NBT boundaries. And, 
the outer red zone boundaries were deeper than the NBT boundary in all treatment groups. [Table 2] The 
red zones were not as well developed in some non-circulating and circulating balloon specimens as in the 
multielectrode specimens yet measureable boundaries could be identified in many specimens. Distinct 
NBT boundaries and red zones were present in the proximal cervical canals in nearly all multielectrode 
and circulating fluid specimens including the 4 day uterus. Faint, dusky red cervical zones were present 
in the non-circulating fluid uteri. A rare small focus of NBT non-reaction was found in the sham 
specimens. Focal hemorrhage occured in the sham endometrial surfaces reflecting mechanical trauma 
from the insertion of the balloons. 

Clear zone boundaries were distinct in the multielectrode balloon specimens but were less so in 
the circulating and non-circulating balloon specimens. The NBT, outer red zone and clear zone 
boundaries were very distinct in the hysterectomy specimen removed four days after a multielectrode 
heating treatment. [ Figure 3] The clear zone depths coincided with the outer boundary depths of the red 
zone in the acute multielectrode specimens but not in the 4 day specimen. However, microscopically, the 
level of tissue coagulation necrosis in the 4 day multielectrode balloon specimen was at the outer 
boundary of the red zone. The clear zone boundaries of the circulating and non-circulating specimens did 
not coincide with their outer red zone boundaries. However, the large standard deviations reflect great 
measurement variation due to less than ideal boundary measurement conditions and uneven heating in 
some specimens. [Table 2] 
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Figure 2: Representative of NBT, Outer Red and 
Clear Zone Boundaries In an Acute Non-circulating 
Fluid-filled Balloon Treated Uterus. The boundaries 
of the thermal damage zones are indicated by arrows. 

[NBT and Red Zone Bar = 1cm. 
Clear Zone Bar = 1mm] 

Clear Zone 

Table 2. 

Boundary Depths:    NBT Zone and Outer Red Zone Boundary Depths 

Instrument NBT Zone Depth 
(mm) 

Red Zone Depth 
(mm) 

Clear Zone Depth 
(mm) 

Multielectrode 2.7±1.2 4.311.5 4.2+1.5 

Multielectrode 4 day 1.8±0.6 3.2±0.7 2.5±0.6 

Circulating 3.1±1.4 6.1±1.2 4.8±2.8 

Non-circulating 2.6±1.6 4.8 ±2.7 3.5± 2.7 

Sham 0.1* 0.2* 0 

* Less than 3 measuring points taken. 

119 



Red Zone Clear Zone 

Figure 3: Representative of Red Zone and Clear Zone in 4 Day Multielectrode Balloon Uterus. The 
outer boundary of the red zone (arrows) is distinct. In the microscopic section shown, the clear zone, 
outer red zone and necrotic tissue boundaries coincide in the myometrium (arrows). A loose fragment of 
necrotic and hemorrhagic superficial endometrium is separated from the underlying deeper endometrium. 
This endometrium and the adjacent myometrium that extends to the clear/red boundary have undergone 
coagulation necrosis thus the full extent of lethal thermal damage is marked by the outer boundary of the 
red zone in these particular specimens. [Bar = 1mm] 

Analyses of the damage depth distributions show that the multielectrode balloon damage depths 
were relatively tightly distributed around 5-6 mm depths for the outer boundary of the red thermal 
damage zone [Figure 4 A] and 5 mm for the clear boundary [Figure 5 B]. In contrast, the circulating 
and non-circulating balloon damage depths showed much wider distributions with a significant number 
of very shallow lesions (£ 1mm) and very deep lesions (8-11mm). 

DISCUSSION 

The pathologic evaluations of the uteri and cervices subjected to in vivo intracavitary thermal 
endometrial "ablation" reveal that the thermal damage extends into the myometrium (uterine muscular 
wall) in all three treatment groups. However, the thermal damage distributions and depths vary among 
patients and instruments. The instruments used are being developed and tested for clinical applications; 
therefore, the treatment temperatures and heating times used in this study were guided by preclinical and 
clinical indications. [3-6]  The variations in thermal damage may be due to several factors. 
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A. Red Zone Outer Boundary 

B. Clear Zone Boundary 

Figure 4: Damage Depth Distributions for A. Outer Boundary of the Red Zone and B. Clear Zone 
Boundary. The labels in the graphs refer to the following instruments: Hot Fluid Balloon = Non- 
circulating fluid-filled balloon. Circulating Hot Fluid Balloon = Circulating fluid-filled balloon. RF 
Balloon = Multielectrode air-filled balloon. 

The circulating fluid balloon uteri had longer treatment heating times than the multielectrode 
balloon uteri although both had similar treatment temperatures maintained by their respective feedback 
systems. The effects of longer heating time are reflected in the deeper average thermal damage depths 
(NBT, red and clear zone boundaries) in the circulating fluid balloon uteri than in the multielectrode or 
non-circulating fluid balloon uteri. The higher treatment temperatures (87°C) and intermediate heating 
time (8 min.) of the non-circulating fluid balloon treatments tended to be associated with more spotty 
damage depths as reflected by the large standard deviations and distributions of the measurements. 
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Although not shown in this report, several tissue blocks in this group had no measureable NBT, red 
damage and/or clear thus accounting for large number of observations in the 0- 1mm range. [Figure 4] 

The thermal damage depths were more uniform in the multielectrode balloon treatment group in 
which the regulating temperture measurements were taken at the endometrial surface rather than at the 
balloon/endometrial interface. These results suggest that temperature sensor placement may be important 
in production of more uniform tissue effect but adequacy of balloon/endometrial contact also may be 
important. Balloon/endometrial contact was was not tested in this study. The expanded balloon shapes in 
air differed among the three instruments: the multielectrode, air-filled balloon was triangular, the 
circulating fluid-filled balloon was an adjustable ellipsoid and the non-circulating fluid-filled balloon was 
ellipsoid. It is not clear how the balloon configurations were changed by inflation in the uterine cavity. 
In addition, the more spotty thermal effect seen in the non-circulating fluid-filled balloon uteri could be 
due to uneven thermal gradients in the non-moving fluid. 

The patterns and progression of the healing of the thermal coagulation endometrial lesions could 
be through one or both of two major mechanisms, 1) slough of all necrotic tissue followed by 
endometrial regeneration and scar tissue formation and 2) gradual replacement of the necrotic tissue by 
regenerating endometrium and scar tissue. In the present study, one uterus specimen was obtained from 
a woman whose hysterectomy was 4 days after the multielectrode balloon heating treatment. 
Fragmented, hemorrhagic necrotic tissue covered the endometrial surfaces. Below the surface, an intact 
zone of solid coagulation necrosis extended through the endometrium into the myometrium to the depths 
roughly corresponding to areas of hemorrhage within the red zone. Early infiltrates of inflammatory cells 
including macrophages were begining to organize (literally "eat up") the necrotic myometrium at the 
boundary of necrotic/viable myometrium. This pathology suggests that slough of the superficial 
endometrium may occur but it is unclear what could happen to the coagulated deeper layers. 

The histopathology of endometria treated with previous mechanical or electrosurgical curettage or 
rollerball or laser thermal endometrial coagulation have been reported. [1, 6, 9, 10, 12, 16] These 
endometria showed varied healing responses ranging from complete restitution of the endometrium, 
mixed endometrial regeneration and surface scarring, complete scarring of the endometrium, intrauterine 
adhesions and scarring stricture at the uterine/cervical os. Functionally, these patients ranged from 
amenorrhea (no normal or pathological uterine bleeding) to small or large (pathologic) volume periodic 
bleeding to completely normal menses. Since many of these reports were of small post-treatment 
biopsies or hysterectomies for recurrent dysfunctional uterine bleeding, detailed correlation of pathologic 
findings and functional status were not done. 

Although, very superficial, endometrium-only thermal lesions were found mainly in the 
circulating and non-circulating balloon groups, all three heated balloon treatment groups in the current 
study showed thermal damage extending into the myometrium. Depths of acute thermal damage related 
to the number of passes of the rollerball [17] or the power delivered using electrosurgical curettage [10]. 
In the current study, maximal thermal damage depths were associated with longer heating times when the 
treatment temperatures were kept constant as was the case with the multielectrode and circulating water 
balloons. 

The ideal depth for treatment of dysfunctional uterine bleeding is not known but removal of the 
entire functioning endometrium is a general goal for bleeding particularly in peri-menopausal women. 
This treatment effect may not be the desired effect in dysfunctional uterine bleeding the the peri-pubescent 
and younger women groups who may wish to have children. The sources of endometrial regeneration 
can come from 1) the narrow junction of the uterus with the fallopian tube (uterine comua at the tubular 
ostia), 2) residual endometrial islands found within the myometrium (adenomyosis) and/or 3) residual 
suface endometrium missed by the treatment. The endometrium in the tubal os area (cornua) and in the 
narrow angles of the lateral wall escaped thermal damage in all three treatment groups showing that 
balloon contact and configuation are important instrument factors in thermal endometrial ablation and 
could be sources for normal or abnormal endometrial regeneration.   Detailed studies are needed   to 
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correlate instrument parameters, endometrial temperatures, treatment times with the pathology of acute 
and healing lesions examined at different intervals after treatment. These studies may help determine the 
most therapeutically efficacious lesion while minimizing unwanted complications including fibrous 
stricture, intracavitary fibrous adhesions and/or pregnancy in scarred uterine tissues. 

CONCLUSION 

This was a pathological study of acute (and 4 day post-treatment) thermal effect in human uteri 
treated in vivo for thermal endometrial "ablation". Comparisons of the pathologic effects of three 
different types of intracavitary balloons show that 1) thermal damage can extend beyond the endometrium 
into the myometrium, 2) some endometrium can escape thermal damage possibly because of balloon 
configuration and/or uneven distribution of heat and 3) superficial slough of endometrium and/or in situ 
organization of residual solid, thermally coagulated endometrium and myometrium may be the 
mechanisms of endometrial "ablation" for dysfunctional uterine bleeding. Thermal coagulation into the 
upper levels of myometrium may be necessary to obtain "ablation" of dysfunctional bleeding. 

ACKNOWLEDGEMENTS 

This work was supported by Valleylab, Inc., Boulder, CO. The authors wish to thank K. 
Nolan, HT (ASAP) for performance of last minute repeat histological preparations. 

REFERENCES 

1 R. J. Kurman, Editor.    Blaustein's Pathology of the Female Genital Tract.    4th edition. 
Springer-Verlag. New York. 1994. pp. 327-409. 

2. C. Wood. Alternative treatment. Baillieres Clinical Obstetrics and Gynecology. 9:373-397. 
1995. 

3. G. R. Vilos, E. C. Vilos and L. Pendley. Endometrial ablation with a thermal balloon for the 
treatment of menorrhagia. J. Am. Asso. Gyne. Laproscopists. 3:383-387. 1996 

4. B. Friberg, B. R. Persson, R. Willen and M. Ahlgren. Endometrial destruction by heperthermia- 
-a possible treatment of mnorrhagia: An experimental study. Acta Obset. Gyne. Scand. 75:330-335. 
1996 

5. R. S. Neuwirth, A. A. Duran, A. Singer, R. MacDonald and L. Bolduc. The endometrial 
ablator: A new instrument. Obstet. Gyne. 83 (5 Pt 1): 792-796. 1994 

6. A. Singer, R. Almanza, A. Gutierrez, G. Haber, L. Bolduc and R. Neuwirth. Preliminary 
clinical experience witha thermal balloon endometrial ablation method to treat menorrhagia. Obstet. 
Gyne. 83 (5 Pt 1): 732-734. 1994. 

7. N. C. Sharp, N. Cronin, I. Feldbery, M. Evans, D. Hodgson and S. Ellis. Microwaves for 
menorrhagia: A new fast technique for endometrial ablation. Lancet. 346:1003-1004. 1995. 

8. V.J. Page. Anaesthesia and radiofrequency endometrial ablation. Europ. J. Anaesthesiology. 
10:25-26. 1993. 

123 



9. A. Farnsworth,   D. Itzkowic,   M.Catt, J. Thurloc and C. Laverty.   Roller ball endometrial 
ablation: A histological study in danazol prctrcaated patients.    Austral. N. Zealand J. Obstet Gyne 
30:200-204.  1994. 

10. G. S. Letterie, M. L. Hibbert, and B. A. Britton. Endometrial histology after electrocoagulation 
using different power settings. Fert. Steril. 60:647-651.1993. 

11. H. A. Goldfarb. A review of 35 endometrial ablations using the Nd:YAG laser for recurrent 
menometrorrhagia. Obstet. Gyne. 76 (5 Pt l):833-835. 1990. 

12. P. C. Reid, W. Thurrell, J. H. F. Smith, A. Kennedy and F. Sharp. Nd:YAG laser endometrial 
ablation: Histological aspects of uterine healing. Int. J. Obstet. Gyne. 11:174-179.1992. 

13. J. D. Bancroft and A. Stevens, Theory and Practice of Histological Techniques . 4th Ed. 
Churchill Livingstone. New York. 1996. pp. 391-420. 

14. S. Thomsen. Identification of lethal thermal injury at the time of photothermal treatment. Laser- 
induced Interstitial Thermotherapy. - G. Müller and A. Roggan. Eds. SPIE Publishers. 
Bellingham,WA. 1995 pp.459-467. 

15. J. A. Pearce and S. Thomsen. Rate process analysis of thermal damage. Optical-thermal 
Response of Laser -irradiated Tissue. A. J. Welch and M. J. C. van Gemert. Plenum Press. New 
York. 1995 pp. 565-606. 

16. T. A. McCulloch,   B. Wagner, S. Duffy, S. Barik and J. H. Smith.   The pathology of 
hysterectromy specimens following transcervical resection of the endometrium.     Histopatholoev 
27:541-547.  1995. 

17. A. M. McCausland and V.M. McCausland. Depth of endometrial penetration in adenomyosis 
helps determine outcome of rollerball ablation. Am. J. Obstet. Gyne. 174:1786-93. 1996. 

124 



Controlled Radio Frequency Vessel Sealing System 
for Surgical Applications 

Jenifer Kennedy", Steve Buysse\ James Chandler*, JefFEggleston*, Ken Taylor*, and Sharon Thomsenb 

•Valleylab Inc., 5920 Longbow Dr., Boulder CO, 80301 
■tT. Texas M. D. Anderson Cancer Center, Houston, TX 77030 

ABSTRACT 

A radio frequency tissue welding system has been developed for occlusion of vessels during surgery. The system is 
designed to replace commonly used mechanical clip and suture ligation techniques. Other energy based ligation 
techniques are limited to use on small structures (<2 mm) due to slow heating, unreliable sealing, and charring/sticking 
to the forceps.  The system consists of forceps and an RF electrosurgery generator, both of which are specifically designed 
for optimal tissue sealing. The method combines optimal pressure delivery to the tissue and energy delivery consisting of 
a high heat cycle, a low heat cycle and a cooling cycle. The generator output is also voltage limited and delivers high 
current in order to remodel the collagen in approximately 5 seconds with no sticking or charring. The vessel sealing 
system was compared to other energy based ligation techniques including ultrasonic sealing and other bipolar systems. 
The pressure required to burst the vessel was used for comparison. Average burst pressures on 3-7 mm arteries were 126 
+ 154 mmHg, 607 +314 mmHg, and 913 + 304 mmHg for ultrasonic, standard bipolar, and vessel sealing, respectively. 
Histologie evaluation showed vessel wall fusion and minimal thermal damage to adjacent tissues for the vessel sealing 
system. 

Keywords: electrosurgery, bipolar, tissue welding, radio frequency 

INTRODUCTION 

Vessel ligation is an integral part of nearly all surgical procedures. It is accomplished by many methods including use of 
ligatures, mechanical clips, ultrasonic coagulation and electrosurgical vessel coagulation (ES). ES coagulation is done 
using a standard radio-frequency electrosurgery generator with a frequency in the range of 300 to 500 kHz with either a 
monopolar or bipolar electrode configuration. In general, standard monopolar coagulation is not reliable on vessels 
greater than 2 mm in diameter. The same size limitation is seen in ultrasonic vessel coagulation which uses mechanical 
vibration to heat the vessel wall1. The use of bipolar forceps allows coagulation of larger vessels, but the seals are 
unreliable and time consuming with existing technology2,3. Often, multiple applications of energy are required resulting 
in thermal damage along several centimeters of vessel length. This is difficult to accomplish in the tight confines of most 
surgical procedures where damage to adjacent tissue structures must be avoided. The lack of reliability of this method can 
be explained by the mechanism which relies on vessel wall shrinkage and thrombus formation within the vessel4. 
Ligatures are the gold standard of vessel occlusion, but they are also slow. Mechanical clips were developed as a way to 
save time, however they are expensive, leave a foreign material in the body that may interfere with future diagnoses, and 
can be dislodged during manipulation of the tissue during surgery5. 

Electrosurgical vessel sealing has not been previously optimized with respect to generator output or instrument design. 
Standard electrosurgery generators deliver high voltage in the range of 3000-6000 V™ and 500-800 V™ for monopolar 
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ami bipolar outputs respectively. Also, standard electrosurgery generators deliver relatrvdy low current in the range of 
less than 1 amp. These outputs were designed for cutting and non contact coagulation, but were nMoptiniized for contact 
coagulation with large surface area electrodes. The result when using the standard bipolar output for large vessel 
coagulation is that arcing is generated creating charring and sticking ofthe tissue to the ekctrodes. There are also 
explosive effects that may blow holes in the vessel walls causing bleeding The instruments apply low force that is 
sufficient only to coapt vessel walls and stop the flow of blood. The force is too tow to deform the vessel walls 
significantly. The goal of this study was to understand the mechanism of electrosuxgical vessel welding and develop a 
system that would reliably seal vessels quickly and with a single application of energy. 

MATERIALS AND METHODS 

Vessel sealing parameters relating to the instrument and the generator were varied inciting voltage, current, electrode 
width, and applied force.  A prototype generator with a data acquisition system was configured to control and monitor 
current, voltage, time and temperature. Temperature was monitored in order to help understand the mechanism, but was 
avoided as a control parameter becanseimplementafionm A prototype 
instrument was built with pressure control using a hydraulic cylinder. Prototype electrodes could be easily exchanged as 
well. The study was completed in vitro with porcine renal arteries because of their relatively large MM (2-tt mm Hism^) 
and accessability. 

During optimization of sealing parameters, the bum strengm of the seak were measured. The seal quality was also 
evaluated using transmission as well as polarized light microscopy. Birefringence toss was used as a marker of lateral 
thermal spread beyond the seal zone.5 The burst testing was done using a syringe pump filled with «aline and elevating 
the pressure at a rate of approximately 150 mmHg per minute. The pressure required to bum the seal was noted. A burst 
pressure ofgreaterthan 400 mmHg was considered a successful seal. This criterion was chosen based on the seals 
withstanding three times normal systolic Mood pressure of 120 to 130 mmHg This will account for pressure spikes that 
may be seen during post operative coughing or vomiting 

Once the sealing parameters were optimized, a comrjaretrve study to (>dier Ugatton tecbnkjues was complex Bum 
pressure values were compared for ES vessel sealing, standard bipolar coagulation, ultrasonic coagulation, clips and 
sutures. Statistical analysis was performed to determine probability cf seal strength exceeding the 400 mmHg limit 

RESULTS 

Parameters were identified that exhibited seals with high bum strengths characterized grossly by thin, translucent seal 
sites with plasticized molding of the adjacent vessel wall. The seal site was fully desiccated exhibiting a hard, plastic-like 
texture. Histologically, the seal zone was significantly ccmpressed and the intimal layers of the vessd walls were fo 
(Figure 1). For successful seals, mural thermal damage characterized by collagen hyalinization and loss of native 
collagen birefringence was confined to less than 2 mm from the seal site edge. 

The key parameters identified for successful dectrosurgkal vessel sealing were current, voltage, and applied pressure. 
The required electrosurgery output included high current (>2 amps) combined with tow voltage (< 160 V,») in order to 
seal the vessels reliably. A^Uedpiessure requirements were found to be 11 to 14 kg/cm2 (Figure 2). Outside these 
specified ranges for current, voltage, and pressure, seal quality degraded. Bum pressure decreased and correspondingly, 
percent success reduced significantly. At pressures above 14 kg/cm2 the electrodes shorted out and arcing was observed. 

126 



Figure 1: Longitudinal section of a pig femoral artery (Elastin stain). The media is significantly compressed in the seal 
zone (4 mm long) and the intimal surfaces are fused over the entire length of the seal. Permanent, curved 
plastic-like molding of the arterial walls adjacent to the seal is necessary to stabilize it. The remodeling is due 
to thermal denaturation (melting) then solidification of the denatured mural collagens and elastins upon 
cooling while the site is compressed. 

Percent Seal Success Versus Applied Pressure 

8 9        10       11        12       13       14       15       16       17 

Applied Pressure (kg/cm2) 
18      19      20 

Figure 2: Seal success rates of approximately 95% were achieved at pressures between 11 and 14 kg/cm2.  A successful 
seal was defined as a burst strength greater than 400 mmHg. Vessel wall fusion was incomplete at lower 
pressures and complications due to arcing and shorting were seen at extremely high pressure settings. 
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The results of the comparative study with other ligation techniques ire presented in Figure 3. The chart represents data 
on 3-7 mm arteries only and illustrates the probability that a bum test result would be lev than 400 mmHg. The pressure 
transducer saturated at 900 mmHg which explain» the maximum burst pressure on the chart The probabilities ( +90% 
confidence intervals) were 0.95 (0.82-1.00) for the ultrasonic coagulator, 0.28 (0.19-0.38) for standard bipolar 
coagulation, 0.02 (0.00-0.06) for the prototype dectrosurgical vessel sealing system, 0.04 (0.004.13) for clips, and 0.00 
(0.00-0.13) for ligatures. The probability of failure for both the ultrasonic coagulator and standard bipolar coagulation 
were significantly greater (pO.OOl) than any of the other methods which were statistically indiscernible among 
themselves. See reference 6 for further information. 
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Figure 3: Comparative burst strength data for 3-7 mm arteries. 

DISCUSSION AND CONCLUSIONS 

This study has shown that it is feasible to fuse vessel walls with an optimized electrosurgical sealing technique. The seal 
site is translucent allowing the surgeon to visually verify lack of blood flow through the vessel. The plastic-like 
consistency of the seal site is due to collagen remodeling and acts like a plastk cüp created from the body's own materials. 
Compared to other energy based ligation techniques on large vessels, this system is faster and the seals have more 
consistent, higher burst strengths. The system is comparable to ligatures and clips in terms of reliability. 
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The required generator output is significantly different than standard electrosurgery generator outputs in that it requires 
high current and low voltage. The high current resulted in seal times less than 5 seconds compared to 15 to 60 seconds 
for standard bipolar coagulation or ultrasonic coagulation. The low voltage limits arc formation and consequently removes 
the problems of charring, sticking and tissue cutting seen with existing ES systems. The high pressure delivered by the 
instrument creates the reformed seal site and reduces the chance of problems associated with explosive vaporization. 

A limitation of the study is that it was completed on isolated renal arteries only. The parameters that have been defined 
must be optimized for other tissue types and also to account for potential differences between our animal model and 
human tissue. This vessel sealing technique, when optimized for human tissue has the potential to replace clips and 
ligatures in many surgical procedures. 
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ABSTRACT 

Stents are often inserted into internal orifices to treat blockage due to tumor ingrowth. Stents are favored due to their 
minimally invasive nature, possible avoidance of a surgical procedure, and their ability to palliate surgically non-resectable 
disease. Because of rapid tumor growth however, a treatment means to prevent overgrowth through the stent and resultant 
blockage is required. To further this goal, experiments were performed in which a stent was placed in tissue and heated with 
radiofrequency (RF) energy to coagulate a cylinder of tissue, thereby eradicating viable tissue in the proximity of the stent. 
Temperatures were measured at the central stent surface and edges over time during a 5-10 minute heating in phantom and in 
fresh tissue. In addition, a finite element model was used to simulate the electric field and temperature distribution. Blood 
flow was also introduced in the model by evaluating RF application to stents to determine effectiveness of the energy 
applications. Changing perfusion and tissue electrical conductivity as a function of temperature was applied as the tissue was 
heated to 100°C. Results from the electric field model will be shown as well as the thermal distribution over time from the 
simulations. Lastly, results from the damage integral will be discussed. 

Keywords: stents, radio frequency, tumor, blood flow, tissue heating, simulations, finite element model 

1. INTRODUCTION 

In tumors that grow along tubular structures, simple percutaneous ablation is difficult due to problems in visualization and 
targeting. One potential palliative strategy is the placement of metallic stents to open the obstruction. Stents are composed of 
a wire mesh that can be elongated and flattened during insertion, but are self-expanding or can be expanded by a balloon 
during deployment. Endoluminal stents have been placed to alleviate obstruction of tumors in the biliary, GI, and respiratory 
systems. Due to the gaps in the stent mesh, however, tumor may grow through the stent and cause re-occlusion (LaBerge et 
al. 1990). This regrowth could be prevented or delayed by energizing the stent with RF current to induce heating of a 
cylinder of tissue surrounding the stent. This would induce necrosis and potentially form a fibrotic layer around the stent. 
Image guidance greatly assists in the placement of these stents in the liver or biliary tree. 

To aid in prolonging patency in these stents, RF energy was applied (Goldberg et al. 1995,1997). The stent was energized by 
central or longitudinal contact for best power deposition due to the stent resistance which can range from 15 to 20 ft along its 
length. Initial tests were done in phantom and then progressed to in-vitro liver and then to an in-vivo porcine liver model. 
The finite element model was used for simulations of all of these studies (Humphries et al. 1997, Ryan et al. 1997). In 
addition, evaluation of the changing electrical properties of tissue was performed in our laboratory (Dadd et al. 1996; Ryan et 
al. 1997), since no data were available for 500 kHz. Simulations included the incorporation of perfusion and tissue electrical 
conductivity as a function of temperature into the bioheat equation (Ryan et al. 1997). The damage integral was used to 
evaluate the time temperature history of each element in the model. 
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2. METHODS AND MATERIALS 

2a. Phantom experiments 
A stent (Schneider, Minneapolis, MN) of Elgiloy alloy was placed in translucent, viscous phantom material (Hartsgrove et al. 
1987) with electrical conductivity and permittivity as well as specific heat and thermal conduction close to that of human 
tissue. Liquid crystal paper with a sensitivity range of 35-40°C was placed 5 cm below the surface, horizontally and along 
the central axis of the stent (Goldberg et al. 1995, 1997). The liquid crystal paper had an appropriate cutout to snugly house 
the stent in its midplane, along its longitudinal axis. The stent was internally occluded by a balloon to mimic actual usage 
which would prevent conductive liquids from entering the interior of the stent during RF heating at 500 kHz (Force FX, 
Valleylab, Boulder, CO). The container was covered on its inner surfaces with conductive material to act as an extensive 
return electrode for volume conduction, as in the body. Power was gradually adjusted so as not to overheat the phantom 
material since phantom materials degrade at temperatures above 40°C (Ryan et al. 1991). A special low light video camera 
was placed over the phantom to capture the liquid crystal heating at discrete time intervals. A computer based video capture 
system (Quantimet 500+, Leica, England) was used to analyze the captured images over time. A range of stent sizes was 
tested with diameters of 5 to 16 mm and lengths of 20 to 68 mm. 

2b. In-vitro experiments 

Fresh, whole bovine liver was acquired immediately prior to experimentation. A large metal container was used to provide a 
sufficient ground path. For in-vitro experiments, a cylindrical cavity was made in fresh, whole bovine liver. The stent was 
then inserted followed by a balloon to expand it to its working dimensions. Thermocouples were placed in relation to the 
stent location, either at fixed radial distances or along the stent/tissue interface. Initial power was 60 to 110 W, scaled to the 
surface area of the stent. Temperatures were read every 10 s. For most of the experiments, temperatures were maintained at 
95±0.5°C by adjusting power. Following RF application for five minutes at 95°C, a second five minute interval of cooldown 
was recorded. The liver was then sectioned, measured and photographed. Temperatures were measured either by 
thermocouples (Physiotemp, Clifton, NJ) or by fiberoptic probes (Luxtron, Santa Clara, CA). Temperatures at the stent 
central surface were kept at 90-100°C to avoid charring the tissue and excessive steam formation. A custom data acquisition 
system was used (FACT system, Valleylab, Boulder, CO) to monitor power, voltage, current, impedance, leakage, energy, 
temperature, and phase. These data were acquired at 10 Hz and proportional control was implemented to control power to 
attain and hold the target temperature. 

2c. Finite element model 

A finite element model was created (Humphries et al., 1997) based on the bioheat equation (Pennes 1948). A finite element 
model for tissue heating by electromagnetic energy was used to predict temperatures over time intervals associated with 
clinical treatments (Ryan 1993). Thermal and electrical properties of tissue as well as perfusion are input as functions of 
temperature. The software recalculates power absorption and temperature distribution based on updates of tissue properties 
which may change due to the thermal dose history. Although a common assumption is that thermal and electrical properties 
in tissue change little with temperature elevation, electrical conductivity is assumed to increase 2%/°C (Schwan and Foster, 
1980), up to 100°C (Labonte 1994). We used our own measurements for changes in electrical conductivity since there were 
no data at 500 kHz. A damage integral overlay was implemented to predict the extent of necrosis. The modeling code was 
developed and allowed thermal and electrical properties to vary with temperature, time, or location. Both changing electrical 
conductivity and perfusion parameters were simulated by the model. The modified bioheat equation is shown below. 

pt(r,z,T) ct(r,z,T) 5T(r,z,t)/at = V (kt(r,z,T) VT) 

- cb(T) pb m(r,z,T) pt (T - Tb) + Qp (r,z,t)+ Qm 

r,z = coordinates of element location 
p^b = density of tissue, blood (kg/m ) 
ctb = specific heat of tissue, blood (W s/kg/°C) 
kt = thermal conductivity (W/m" /°C") 
m = perfusion (flow rate of blood/unit mass tissue) (m /kg s) 
Qp = power absorbed/ unit volume tissue (W/m ) 
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Qm = metabolic heating/ unit volume of tissue (W/m3) 
x,y = location in the 2D model 
T = temperature (°C) 
t = time (s) 
Qm is assumed to be small and is neglected. 

The stent was modeled in cylindrical coordinates as an infinitely thin, stainless steel cylinder. The cylinder was air filled and 
placed in muscle tissue. The stent was 68 mm long with a 10 mm diameter, as in the phantom experiments. 

2d. Damage integral for thermal dose assessment 

Tissue thermal dose was assessed by utilizing the damage integral to designates areas of both reversible and irreversible 
damage as heat is applied over time (Henriques 1947). 

0 = P i e AE/RT dt 

where 
Q = thermal damage function 

where Q > 1.0 (irreversible damage); 
and Q ^ 0.5 (reversible damage) 

P = constant (s'1) 
AE = activation energy (J mol"') 
R = ideal gas constant (J mol*1 K"1) 
T = time dependent temperature (K) 
t = time (s) 

3. RESULTS 

The results of the model are shown below. Both electric field results as well as temperature results are shown. 

FIGURE J 

LINES OF EQUAL POTENTIAL OF THE STENT EMBEDDED IN TISSUE 

The results of the electrical field calculation are displayed as lines of equal potential. The stent is at the bottom of Figure 1 
and the upper boundary is ground. The stent is air filled and embedded in a block of tissue with electrical and thermal 
properties of human liver. 
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FIGURE 2 

MAGNITUDE OF THE ELECTRIC FIELD OF THE STENT EMBEDDED IN TISSUE 

The results show the concentration of the electric field magnitude at the stent edges and the relatively flat magnitude parallel 
to the stent surface in tissue. The iso-electric field lines continue well beyond the ends of the stent. 

3a. Phantom experiments 

The phantom experiments displayed a heating pattern in the 35-40°C range as seen in figure 3. The dog-bone shaped pattern 
is due to the edge effects of the stent where a large discontinuity exists. The model of the phantom with zero perfusion is 
shown in figure 4. Note the similarity in shape and size between the two figures. The model predicted the large side zone of 
heating at the ends of the stent and the heating beyond the open ends as observed in the pohantom. 

FIGURE 3 

PHANTOM RESULTS OF HEATING AT 75 W FOR 60 SECONDS 

Figure 3 shows the results of the heating pattern of a stent placed in phantom in the plane of a liquid crystal sheet sensitive to 
35-40°C. RF power was applied at a constant level for 60s. The white image inside the wire stent is an insulator to shield 
RF current. 
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FIGURE 4 

SIMULATED RESULTS OF 60 SECONDS OF HEATING 

Figure 4 shows a simulation from the model of a stem, show by the rectangular outline. Only half of the plane is shown. 
The edge effects cause heating beyond the ends of the stent, as well as a broadening of the diameter of heating near the edge. 

To more accurately assess heating at temperatures over 60°C, changing electrical conductivity of liver was measured (Figure 
5) and then placed in the model. The difference at a point is then shown in Figure 6. 
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FIGURE 5 
ELECTRICAL CONDUCTIVITY 
OF LIVER WITH TEMPERATURE 
ELEVATION 

FIGURE 6 
CHANGE IN TEMPERATURE 
ELEVATION WITH CHANGE 
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Figure 5 shows empirical results in liver of electrical conductivity changes with temperature elevation. The common 
assumption used by those that change conductivity using tissue heating is a rise of 2%/°C. The actual curve measured is less 
than the assumed value and will vary depending on tissue type (Dadd et al. 1996). Figure 6 shows the difference at a point of 
the temperature elevation over time as conductivity is kept constant vs. conductivity as a function of temperature. 

3b. In-vitro 

For in-vitro stent experiments, RF current ranged from 900-1300 mA and voltage ranged from 25-50 V. Initial contact 
impedance was 30 Q and reduced to 15-20 £2 while power was applied. The whole bovine liver was used to induce more 
uniformly circumferential, unaffected by the location of the grounding pad. Power was modulated such that the stent surface 
did not exceed 95°C, to prevent a rise in impedance due to excessive tissue desiccation. 

In-vitro liver experiments with radial temperatures over time were measured and displayed in Figure 7. A simulation with 
measurements at the same positions was done with normothermic temperatures to illustrate similar excursions with power on 
and during cooldown with zero perfusion (Figure 8). 
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FIGURE 7 FIGURE 8 
RADIAL TEMPERATURES FROM THE STENT RADIAL TEMPERATURES FROM 
DURING IN-VITRO RF HEATING SIMULATION STUDIES 
Figure 7 shows results of a 2.5 cm (8 mm diameter) stent placed in fresh bovine liver. Power was constant during the 
measurements. Thermocouples were placed in the central plane of the stent, perpendicular to the central axis at distances 
0.0, 5.0, 10, and 15 mm from the surface of the stent. Note that power was applied for 5 minutes and then 5 minutes of 
cooldown data were recorded. 

Figure 8 shows the temperature elevation during a simulation with higher power the first minute and finally, a leveling off of 
power during the next 4 minutes. This is typical when controlling power in in-vivo and ex-vivo experiments. Cooldown 
took place during the last 3 minutes. The temperature spread in this non-perfused tissue mimics the in-vitro data. 

A series of simulations were computed. Figure 9 simulates a stent in tissue with no perfusion to mimic our in-vitro work. 
This figure shows results at 5 minutes of applied power and Figure 10 shows the results after 3 minutes of cooldown is done. 
Figure 11 adds a high level of perfusion with 5 minutes of power and Figure 12 has 3 minutes of cooldown. Finally, varying 
electrical conductivity and perfusion with temperature rise is shown in Figures 13 and 14. For simulations in Figures 9 and 
11, the stent surface temperature was limited to 97°C. 
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FIGURE 9 

SIMULATED HEATING PATTERN AT 5 MINUTES WITH ZERO PERFUSION 

Figure 9 displays the results of a simulation of a stent embedded in tissue. Temperatures are controlled such that the central 
surface stent temperature is allowed to rise to 97°C with power on for five minutes. The tissue has the same electrical and 
thermal properties as liver. Perfusion is set at zero to mimic in-vhro experiments. Note the higher temperatures at the ends 
of the stent as predicted by the magnitude of the electric field. Voltage was 40 V for 1 minute and 22 V for 4 minutes. 
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FIGURE 10 

SIMULATED HEATING PATTERN AT 8 MINUTES WITH ZERO PERFUSION 

The stent set up is the same as in figure 9. Figure 10 shows the simulated results with 5 minutes of heating and 3 minutes of 
cooldown. Note the smoothing of hot spots at the stent ends. 
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FIGURE 11 

SIMULATED HEATING PATTERN AT 5 MINUTES WITH 8.4 kg/m3/s PERFUSION 

This simulation is similar to figure 9 but with perfusion of 8.4 kg/m3/s as may be found in a tumor with rapidly developing 
neovasculature. Note the difference when compared to the non-perfusion case in figure 9. The penetration in tissue is 
greatly affected and the depth of damage will be lessened. Power was on for five minutes and the stent central surface was 
not to exceed 100°C. Voltage was 40 V for 5 minutes. 
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FIGURE 12 

SIMULATED HEATING PATTERN AT 8 MINUTES WITH 8.4 kg/m3/s PERFUSION 

This figure is similar to figure 9 except three minutes of cooldown have elapsed. Power was on for five minutes. 
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FIGURE 13 

SIMULATED HEATING PATTERN AT 5 MINUTES WITH PERFUSION(T), a(T) 

In Figure 13, RF power was on for five minutes. Perfusion was input as a function of temperature such that it equaled 8.4 
kg/m /s for elements in the model less then 60°C. If any element exceeds 60°C, perfusion goes to zero due to coagulation of 
blood at this temperature. In addition, electrical conductivity changes with temperature according to figure 5 were input. 
Both of these changing factors will cause increased temperature spread. Voltage was 40 V for 1 minute and 22 V for 4 
minutes. 
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SIMULATED HEATING PATTERN AT 8 MINUTES WITH PERFUSION(T), a(T) 
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This simulation uses changing electrical conductivity and perfusion as a function of temperature. Power was on for five 
minutes and thus this plot incorporates three minutes of cooldown. 

FIGURE 15 FIGURE 16 

SIMULATION OF DAMAGE INTEGRAL RESULTS FOR STENT HEATING 

Figure 15 shows the damage integral results for 5 minutes of heating with constant perfusion and conductivity. Perfusion 
equals 8.4 kg/m3/s. The zone of damage extends to 2.8 cm. 
Figure 16 shows the damage integral results after 5 minutes of heating and 3 minutes of cooldown. Initial perfusion values 
are 8.4 kg/m Is, but return to zero at mesh elements above 60°C. Electrical conductivity is also a function of temperature 
using the data from Figure 5. The zone of damage extends to 4.1 cm. 

4. DISCUSSION 

It has been demonstrated that RF power deposition in stents may be performed to induce uniform, circumferential, 
transmural coagulation necrosis both in-vitro and in-vivo. In phantom experiments it was found that the tighter the stent 
mesh, the less electrical resistance and the quicker the heat distribution becomes uniform around the stent. Higher resistance 
alloys show more of a non-uniform heating nature, taking longer to heat up along the stent. Comparing the resistance along 
a stent to a standard can therefore give an indication of the expected time to a uniform heating pattern. 

In-vitro results show good uniformity of heat distribution for various stent sizes and lengths if energized with central contact. 
The ability to uniformly heat the various stent sizes and configurations argues favorably for placing stents in various 
locations throughout the body, according to required size and length. The model demonstrates the ability to simulate the zero 
perfusion case which matches the in-vitro work in liver. The model also simulated changing electrical conductivity. By 
increasing the conductivity with temperature rise, an increase in predicted temperatures was seen, depending on the amount 
of heating at any location. 

To transition to the in-vivo case, blood flow was modeled with both fixed perfusion values as well as perfusion as a function 
of temperature. Assumptions that perfusion shuts down beyond 60°C causes greater heating in the elevated temperature 
sites. Waiting three minutes beyond the power application time may also more accurately model the damage since the tissue 
cools slowly and yet is still at therapeutic temperatures. 
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All in-vivo studies were performed with 4 pigs. Initially, a guide wire was placed via jugular vein access through the heart 
into hepatic veins under fluoroscopic guidance. The stent delivery catheter was placed over-the-wire. A balloon catheter 
was placed to fill the interior of the stent, preventing stray conductive fluid or blood from carrying RF current. A second 
insulated wire was placed to provide a path for RF current to the stent. Separate catheters were placed percutaneously under 
fluoroscopic guidance to deliver four fiberoptic probes to measure temperatures. Animals underwent CT imaging 
immediately following the ablation procedure. Additional details have been previous described (Goldberg et al. 1997). RF 
power was controlled to 90 W, until the stent surface achieved 90°C. The stents were 2 cm in length. Once the target 
temperature was reached, the power required was 35 W. Following the RF heating, a non-contrast-enhanced CT series was 
done. Hypoattenuated regions extending 8-10 mm from the stent were seen. This agreed well with the firm, tan region of 
coagulation necrosis seen on pathological examination. Thus, it was demonstrated that in-vivo stent delivery and heating 
could be performed under fluoroscopic guidance, the treatment assessed with percutaneously placed thermometry, and the 
lesion assessed with CT imaging. 

Penetration of heating in tissue was simulated with 3 cases: non-perfused (Figures 9 and 10), perfused (Figures 11 and 12), 
and perfusion and electrical conductivity as a function of temperature (Figures 13 and 14). The perfused case showed less 
heat penetration, as expected, when the stent surface temperature is limited to less man 100°C (Figure 11). This limit assures 
minimal steam formation and popping-induced mechanical damage to tissue. Cooldown is prominent in the perfused case in 
Figure 12. Figure 13 displays the enhanced penetration of heat when electrical conductivity increases with temperature and 
blood flow shuts down after 60°C. This suggests a more rounded heat distribution as seen in liver studies. 

The variety of parameters that may be related to time, temperature, or location in the model make it ideal for tissue damage 
predictions. All that are lacking may be the thermal or electrical parameter changes with temperature which need to be 
determined empirically and depend on the type of tissue. 
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ABSTRACT 

A new electrosurgical ball electrode (SilverBullet™) has been developed for applying radiofrequency (RF) energy to ruse 
biological and other materials to tissue surfaces. Specifically, the electrode was developed for use in conjunction with the 
Fusion Medical Technologies, Inc. gelatin patch (RapiSeal*) for use in pulmonary surgery to seal air leaks, and in solid 
abdominal organ surgeries to provide hemostatic tamponade. The new electrode allows for the application of RF energy in 
contact mode without the problems of the electrode sticking to the gelatin patch or the underlying tissue. 

Designed for use with commerciaUy available electrosurgical handpieces, the electrode consists of a stainless steel connector 
that fits into the hand-piece, and an electrode assembly made from silver mat includes a shank region, and a tip extension 
extending distally from the shank region. The distal tip of the tip extension is rounded and has a length of about 10 mm. The 
uniqueness of this electrode is the shank region which has a cross sectional area that is larger than the tip extension. The 
shank region acts as a heat sink to draw away heat from the tip extension while the tip extension itself remains sufficiently 
small to access desired target sites and display the desired energy transfer properties. In addition to the physical design, the 
use of silver as the core element provides a material with high electrical and thermal conductivities. The bulk of the electrode 
is appropriately insulated. 

Keywords: Electrosurgery, electrode, welding 

1. INTRODUCTION 

Patches made of gelatin or collagen can be welded to tissue using energy sources such as argon enhanced coagulators or 
lasers. The welding process requires a patch-tissue interface temperature of approximately 200° F and involves protein 
denaturation and dehydration of the patch and underlying tissue. Since intimate contact between die patch material and the 
underlying tissue is required for good attachment, energy which is applied in contact mode can be expected to yield a better 
weld joint. However, the contact electrode must not stick to the patch or tissue if it is to be effective. Another important 
consideration is that such operations usually involve large areas over which the energy must be applied. 

Temperature of the contact surface is critical for effective electrode operation. Excessive temperatures of the electrode 
contact surface can result in unwanted degradation of tissue, as well as sticking of proteins to the electrode. Important factors 
which influence the electrode temperature include electrical conductivity, thermal conductivity, heat capacity, and geometry. 
High electrical conductivity minimizes resistive heating of the electrode. High thermal conductivity and heat capacity reduce 
the contact surface temperature by enhancing the flow of thermal energy away from the hot tissue surface. Finally, the 
geometric properties determine the efficiency with which the electrode acts as a heat sink. A larger electrode with a cross- 
sectional area which increases with distance from the contact surface will be a more efficient heat sink. 

The effects of thermal properties and geometry have been modeled using a finite element solution to the heat diffusion 
equation. In vitro measurement of the weld strength of the RapiSeal Patch produced by the argon beam coagulator was 
compared to that provided by the SilverBullet. 

2. MATERIALS AND METHODS 

In order to study the effects of material and geometry on electrode surface heating, a model system was developed using 
COSMOS/M software (Structural Research and Analysis Corp., Los Angeles). The components of the system included an 
electrode, tissue, and air, as shown in Figure 1.   Two different electrode shapes were studied. The first was similar to the 

142 
SPIE Vol. 3249 • 0277-786X/9B/$10.00 



SilverBullet, with an overall length of 1.4" and diameters of 0.38 and 0.18" at the shank and tip, respectively. The second 
electrode shape was a ball with diameter of 0.18" attached to a shaft with diameter of 0.094" with overall length of 1.4" . 
For each of these shapes, two materials were studied - silver (k = 5.6X10"3 BTU/in/s deg F , Cp = 22 BTU in/lb/s/s/F0) and 
stainless steel (k=2.4X10"4 BTU/in/s deg F , Cp = 42 BTU in/lb/s/s/F0). Tissue was modeled as having the same thermal 
properties as water (k = 8.2X10"6 BTU/in/s deg F, Cp = 390 BTU in/lb/s/s/F° ). Air was modeled as an insulator with zero 
thermal conductivity. 

Joule heating of the tissue was modeled two ways. In the first set of simulations, temperature transients resulting from a 500 
ms activation of the electrosurgical generator at 35 watts were modeled. These conditions were chosen to simulate the 
approximate energy required to "spot weld" a patch to tissue. Joule heating of the tissue was modeled with concentric 
hemispheres, each with heat generation per unit volume inversely proportional to the square of the distance from the center 
of the sphere defining the electrode interface. Heat generation was normalized so that the total heat generated in the sum of 
hemispherical elements was equal to the total power output of the generator. In the second set of simulations, the temperature 
of a hemispherical shell at .012 inches from the electrode interface was held at 212°F for 3 seconds. This simulates the longer 
term temperature profile as the boiling point of water is reached. 

To measure the difference in welding performance between the SilverBullet and the argon beam coagulator, a total of 14 
pieces of RapiSeal Patch, sampled from 3 different lots, measuring 2x4 cm were welded to the pleural surfaces of slabs of 
fresh porcine lung, warmed to 37°C. Welding was performed using either the Birtcher model 6400 argon beam coagulator 
(ABC) at 40W, 2 1/min, or with the SilverBullet electrode attached to the Valleylab Force 40 electrosurgical generator set to 
35 W, spray coagulation mode. Paired pieces of RapiSeal patch from the same lot were welded using the ABC and the 
SilverBullet side by side at the same time. A Chatillon TCD200 was used to measure the total energy required to peel each 
piece at 3 minutes post weld. Peel strengths of welds made with the ABC and SilverBullet were compared using a paired 
Student's t-test. 

3. RESULTS 

Figure 1 shows the calculated isotherms of the model system at 500 ms after the start of a simulated 35 W activation of the 
electrosurgical generator through the SilverBullet and the silver ball electrodes. Figure 2 shows the calculated temperatures 
along the symmetry axis at 200 and 500 ms, during generator activation, and at 9.5 seconds after the generator had been 
stopped. Note that the peak temperature at 500 ms is at a depth of .012 in (305 microns) into the tissue, and not at the surface, 
where current density, and therefore joule heating, is greatest. Note also that temperature in the electrode is equilibrated by 
9.5 sec after inactivation of the generator. 

ill 

Figure 1. Temperature isotherms for the SilverBullet (left) and silver ball electrode(right) at the end of 
500 ms, 35 watt activation of the electrosurgical generator. 
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SilverBullet, 500 ms Activation, 35W 
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Figure 2. Temperature changes along the symmetry axis in the SilverBullet during and after a 
500 ms activation of the electrosurgical generator at 35 watts.  Electrode-tissue interface is at x ■ 

Figure 3 shows the temperature along the symmetry axis following a 500 ms, 35 watt activation of the generator for the 
SilverBullet, a silver ball electrode of with the same contact surface as the SilverBullet, and a stainless steel electrode (steel 
bullet) wim the same shape and size as the SilverBullet Peak temperature in die tissue is similar for all three electrodes, but 
changes in electrode surface temperatures are 10.8,14.2, and 32.4 degrees F for the SilverBullet, silver ball, and steel bullet, 
respectively. 
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Figure 3. Temperature changes along the symmetry axis for the SilverBullet, steel bullet, and 
silver ball electrode following 500 ms activation of the electrosurgical generator at 35 watts. 
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Figure 4 shows the time dependence of temperature at the center of the electrode-tissue interface when the hemispherical 
shell at 0.012" is held at +140° F above ambient (approximately the boiling temperature of water) for 3 seconds. 
Temperature changes at 3 seconds are 21.4,36.7, 66.3, and 71.3 degrees F for the SilverBullet, silver ball electrode, the steel 
bullet, and a stainless steel ball electrode having the same size and shape as the model silver ball electrode, respectively. 
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Figure 4. Temperature changes at the center of the electrode-tissue interface for isothermal 
condition in tissue. 

Figure 5 shows the peel strength measured in vitro using patches welded with the argon beam coagulator and the 
SilverBullet. Peel strengths of patches welded with the argon beam coagulator and the SilverBullet were (mean + standard 
deviation) 1.3 ± 0.5 mJ and 3.0 + 0.9 mJ, respectively. These results are statistically significant by paired Student's t-test 
(p=.00001). 
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Figure 5. See text. 
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4. DISCUSSION 

Temperature of the surface of a contact electrosurgical electrode is critical for its performance, whether the electrode is used 
for welding patches or simply as a coagulation electrode. Two factors which have a profound effect on electrode 
temperature are electrode material and geometry. The effect of thermal conductivity and heat capacity on the ability of an 
electrode to act as a heat sink have been studied by comparing thermal calculations modeled with electrodes having the same 
size and shape, but different materials. The thermal conductivity of silver is an order of magnitude larger than that of 
stainless steel, a material commonly used for electrosurgical electrodes. In the particular geometry studied, the silver 
electrode heated to only about 35% of the temperature change in a similar stainless steel electrode. 

Geometry also has an important effect on electrode heating. The SilverBullet was specifically designed to act as an efficient 
heat sink. Compared to a simple ball electrode having the same interface, die increased mass and cross sectional surface 
area of the SilverBullet result in a 25 - 40% reduction in temperature change in the conditions studied. These differences are 
most pronounced when the electrode is activated for longer times, such as when welding a patch with a relatively large 
surface area. Although a larger electrode with larger cross sectional area would be a better heat sink, practical considerations 
limit the size of a commercial electrode useful for surgery. 

Finally, the ability of the SilverBullet electrode to effectively weld a RapiSeal Patch to tissue is clearly superior to the non- 
contact argon beam coagulator. This difference almost certainly arises from the improved apposition of the patch to the 
tissue surface which results from contact application of energy. The heat sink ability of the electrode also allows the tissue- 
patch interface to reach a higher temperature man the patch-electrode interface, thereby improving the weld while reducing 
the tendency of the electrode to stick to the patch. 

5. CONCLUSION 

A new electrosurgical electrode well suited for welding gelatin patches to tissue has been described. It combines the effects 
of the high electrical and thermal conductivity of silver with an advantageous size and shape to provide an electrode capable 
of heating a large surface in contact mode, over prolonged time, without heating to the point where sticking becomes a 
problem. Patches welded in vitro to porcine lung with the SilverBullet have approximately twice the peel strength as patches 
applied with the argon beam coagulator. The device has also been used clinically as a coagulation electrode at high powers 
with minimal sticking. Although the materials are relatively expensive, the device withstands autoclaving and can be reused, 
making it cost effective. 
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ABSTRACT 

In addition to the laser, microwave or other energy sources, interstitial thermotherapy with radio-frequency current 
(RFITT) in bipolar technique has already been shown in vitro to be a safe and an economical alternative energy source 
with a comparable operating performance [1, 2]. The therapeutical application efficiency of these bipolar RF-needle 
applicators was evaluated using 3 different types of probes: standard, flushed and high performance cooled RF-probes (0 
3 mm). These can be used to create large coagulation volumes in tissue such as for the palliative treatment of liver 
metastases or the therapy of the benign prostate hyperplasia (BPH). It was shown that the achievable lesion size resulting 
from the cooled RF-probes could be increased by a factor of three compared to a standard bipolar probe. With these bipolar 
power RF-applicators, coagulation dimensions of 5 cm length and 4 cm diameter with a power input of 40 watt could be 
achieved within 20 minutes. No carbonization and electrode tissue adherence was observed. Investigations in vitro with 
adapted RFITT-probes, using paramagnetic materials such as titanium alloys and high performance plastic, have shown 
that monitoring under MRI (Siemens Magnetom, 1.5 Tesla) allows visualization of the development of the spatial 
temperature distribution in tissue using an intermittent diagnostic and therapeutical application. This is no loss in 
performance compared to continuous applications. A ratio of 1:4 (15 s Thermo Flash MRI, 60 s RF-energy) has shown to 
be feasible. A computer simulation of the temperature and damage distribution during a bipolar RFITT application has 
been developed. The simulation works on-line with a RF-generator and measures the output power continuously. The 
electric power density (heat generating term) and the damage distribution is displayed graphically in real time. 

1. INTRODUCTION 

Investigations on the suitability of bipolar electrosurgery devices for the interstitial thermotherapy (RFITT) will be 
presented in this paper. An efficient treatment of liver tumors and benign prostate hyperplasia (BPH) is feasible where 
primary large coagulation volumes have to be achieved. An enhanced bipolar application device was designed and tested 
to produce large tissue coagulation lesions. These liquid flushed and cooled flexible applicators allow a time-reduced and 
enhanced interstitial coagulation of large tissue areas. 

Using (non-cooled) standard applicators the power which can be applied is limited due to the dessication of the 
surrounding tissue volume. The maximum power setting for a 3 mm standard probe was found to be 10 watt. Higher 
power settings led to a premature breakdown in the proceedings; the power output of the RF-generator breaks down at an 
early stage of the procedure because of an extreme impedance rise caused by tissue desiccation. The concept of the liquid 
flushed (saline solution) probes is based on the irrigation of the electrode surface to achieve an efficient electrical coupling 
during the whole procedure but at the same time avoid tissue dehydration and tissue overheating. This method which was 
already realized in the early 80's from [3] who developed this EHT'-method to cool down and irrigate the indifferent 

* Further author information: 
K.D. (correspondence):   Phone: +49 30 844 923-0 • FAX:+49 30 844 923-99 • E-mail: lmzwel9@zedat.fu-berlin.de 
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electrodes) of quasi-bipolar cutting or coagulation devices. Returning to RFITT, the power input which could be applied 
to die tissue could be increased by a factor of two up to 20 watt using these liquid rinsed bipolar probes. 

A further method to enhance performance is the use of an internal cooling circuit which enabling the electrode to be held 
at a constant temperature and avoiding tissue contact with the cooling medium. With these RF-power-probes, the highest 
temperature peak will be shifted from the surface of the electrode into deeper tissue areas far removed from the critical 
electrode surface (see Fig. 10). As a consequence, an increase in the virtual heating source can be achieved resulting in the 
application of power settings over 80 W without causing an increase in the load impedance of the tissue during the 
procedure. 

All interstitial treatment methods have one requirement in the common namely that they require a monitoring system such 
as sonography, CT or MRI in order to control the progress of therapy, i. e. the temperature distribution or the increase of 
coagulation volume. A computer program for the on-line simulation of the temperature distribution would be an additional 
quasi-monitoring system for the surgeon in addition to a tool for therapy planning prior to an operation. For developers of 
RF-needle applicators die simulation is also helpful when investigating the impact of design variations on die coagulation 
process. A simulation software (LITCIT) has already been developed at our institute for the laser-induced interstitial 
thermotherapy (LITT) with sufficient accuracy for medical applications. This program now has been extended with a 
module for RFITT (radio-frequency current induced interstitial thermotherapy) applications. 

Firstly a differential equation to describe the electrical potential distribution (combination of Maxwell's equations) of a 
bipolar RFTTT applicator is set up in cylindrical coordinates. With knowledge of the electrical properties of the tissue and 
the boundary conditions (Dirichlet and Neumann) of the region of interest, die equation is solved numerically by the Finite 
Difference Method (FDM). Then the electrical power density is calculated as the heat generating term. The power density 
is standardized to die cutout power of the RF-generator so that any variation of power during application will be taken 
into consideration by the program. A further FDM calculation of the heat transfer is necessary for the determination of the 
temperature distribution. By solving the damage integral (Arrhenius formalism) die degree of tissue damage can be 
calculated and displayed on a monitor. This procedure is repeated at short time intervals allowing varying parameters and 
heat transport processes to be taken into consideration. 

The electrical properties of the tissue and their dependence on temperature were determined in preliminary experiments. 
A linear approximation of the dynamic conductivity gave good simulation results. 

With a feedback controlled system which may be part of an already developed RF-dosimetry computer program, the 
cooling circuit of die RFITT-probe and an on-line impedance measurement could be used to actively control die radiation 
of the process via power input and cooling temperature. 

Furthermore, preliminary investigations with these bipolar RFTTT-probes showed that monitoring under MRI is also 
feasible in order to visualize the course of the spatial tissue coagulation using Flash 2D-Thermo-Sequences. 

2. MATERIAL AND METHODS 

Bipolar needle probes with an in-line configuration, different configurations and diameters between 1-3 mm were tested in 
vitro on different types of tissue. The geometry dependent efficiency of the bipolar probes was optimized using a FEM 
computer program for obtaining numerical solutions of the specific electromagnetic field distribution. In addition to a 
standard bipolar needle probe, a 3 mm needle probe was modified by integrating a tip irrigation port (saline solution: 30- 
100 ml/h). Another 3 mm needle probe was modified with an internal cooling circuit to investigate the influence on the 
resulting probe performance. 

Three different kinds of bipolar applicators were investigated (Fig. 1): 

1. bipolar standard probes 

2. bipolar probes with electrode surface flushing using physiological saline solution 

3. bipolar probes with internal cooled electrodes 
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Fig. 1: The RFITT-probes tested 

Fig. 2: Applicator tips; standard -, rinsed- and cooled power-applicator tip (top to bottom) 

The in vitro investigations were performed in porcine liver tissue. The bipolar unit of a Martin ME 80 generator was used 
for the RF-power supply. To rinse the electrodes of the applicator, an irrigation pump was need which allowed the flow 
rate to be set between 20 - 40 ml/h. The irrigation liquid used was a physiological saline solution. A Dornier irrigation 
pump was used for the internal cooling circuit of the cooled RF power probe with a flow rate of 40 - 80 ml/min. The 
cooling medium used here was sterile, distilled water. The power and the load impedance of the needle in tissue were 
measured continuously (on-line) during the application with a programmable digital oscilloscope (LeCroy 4030) at time 
intervals of 1 s. Measurement data were automatically saved and evaluated by a personal computer (Fig. 3). 

Fig. 3: Experimental set up for an on-line parameter measurement 
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3. EXPERIMENTAL INVESTIGATIONS 

The following chapter describes die in vitro investigations carried out using three different types of bipolar RF-applicators. 
The achievable coagulation volumes and the performance of the applicators were used as evaluation parameters. A 
comparison was made between the standard probe, the saline solution flushed probe and the cooled applicator. To aid 
comparison of the applicators the application time in all experiments was set at 10 min and the power settings listed in the 
tables 1 - 3 gave the optimal coagulation volume within 10 min. Other observations such as carbonization or electrode 
tissue adhesion were noted. 

Standard Applicator 

Four conventional applicators with different geometry were tested regarding their efficiency, i.e. achievable coagulation 
volume within 10 min. The power setting was adapted to the geometry of the applicator. In Tab. 1 only the results of those 
power settings are listed which led to the a maximum coagulation volume. Further information about the experiments 
carried out to find the optimal power setting can be found in [2]. 

Fig. 4: Possibilities of RFITT-applicator realization, bipolar standard probe 

Using a conventional bipolar applicator, the coagulation volume is limited due to the effect of tissue dehydration. The 
tissue dehydration is a secondary effect of the generated heat caused by the current density distribution along the electrode. 
The tissue load impedance (RL) increases due to the gradual dehydration of the tissue during treatment and consequently 
leads to a mismatching of the internal generator impedance (Rj). 
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Fig. 5: Typical course of power and impedance of a standard applicator 
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RF-generators are usually designed to match a load impedance about 100 Q at which the generator has its optimal power 
output of 100%. As a result of an increased load impedance due to tissue dehydration (decrease of conductivity) the power 
output decreases dramatically and only a percentage of the power can be further applied to the tissue (Fig. 5). 

It is remarkable that during our investigations with these standard applicators no carbonization occurred at any time. The 
reason for this is the above mentioned increase in impedance of the dried up tissue and the consequent decline in electric 
power released by the RF-generator. When the tissue is dried up, the power density is not high enough to heat the tissue 
beyond the critical temperature of carbonization (provided that the initial power setting is kept constant). But a second and 
more important effect of the power decline is that there is no further significant increase in the coagulation volume and the 
thermal heating process stops immediately. Even if one were to increase the power setting, no significant enlargement of 
the necrosis would be observed, apart from severe carbonization at the electrode surface. 

Tab. 1 Achieved coagulation volumes in liver tissue (0 of tissue before application: 20 - 23°C) 

diameter 
of needle 

[mm] 

length of 
ei / ins. / e2 

[mm] 

irrigation power 
setting 

[W] 

time 
[s] 

electrical 
energy 

[J] 

coag.- 
diameter 

[mm] 

coag.- 
length 
[mm] 

coag.- 
volume 
[mm3] 

1 10/2/10 . 4 600 1800 11 23 1400 

2 13/4/14 . 7 600 5100 15 37 4400 

3 16/6/16 . 10    _j 600 6200 24 41 12200 

3 18/6/18 - 10 600 6200 24 46 13900 

Saline flushed applicator 

Using saline solution rinsed electrodes, the electrical coupling between electrode and tissue can be improved at each stage 
of the process, provided a steady liquid layer is maintained around the electrode. Using this technique, the optimal power 
which could be applied with this RF-probe to tissue without increasing the tissue impedance by dehydration, was found to 
be 20 watt, double the value achieved for the standard applicator. 

During the course of the experiment several problems became obvious. The adjustment of the optimal flushing rate proved 
very difficult. When the flushing rate is too low, mere is a high probability that the flushing ports (bores or slits) will 
become blocked by coagulated tissue or biological liquids (e.g. blood) and the flushing process will come to a halt. As a 
consequence dehydration of the tissue and an increase in tissue impedance occurs. Furthermore contact of the rinsing 
solution with the biological tissue is unavoidable (hygiene!). 

Fig. 6: Tip-flushed bipolar RFITT-Probe 

It is therefore advisable to start the flushing of the electrode surface before the application begins. If the flushing rate is 
higher man is necessary for compensation of the dehydration process (usually 20-40 ml/h), the heated saline solution 
which flows along the needle path and emerges from the puncture point can lead to unintended coagulation of other native 
tissue areas along its rinsing path. However, high flushing of rates over 60 ml/min, which have been cited by other groups 
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as enhancing the performance of monopolar needle probes (e.g. 110 -150 ml/h) [4, 5], initially appeared to achieve larger 
coagulation volumes because of an active infiltration of the heated saline solution into the interstitium. The biggest 
disadvantage of such a high-rate flushing is the uncontrollable flow path (cavities, vessels) and the coagulation lesions 
resulting from this RF-enhanced hot water irrigation. As a consequence the course of the spatial coagulation distribution is 
unpredictable with this method. This could be observed during our recent investigations, shown by one representative 
in vitro experiment in Fig. 7. All in all, an increase in coagulation volume could be verified but the transition area between 
native and coagulated tissue is not well-defined because the saline solution penetrated into deeper tissue layers. When the 
applicator was located in a region with vessels, during the in vitro experiment, the heated flushing medium was able to 
flow along a major vessel and overheat tissue regions far removed from the area of treatment (Fig. 7). 

Fig. 7 Uncontrolled RF-application with a flushed needle probe (80 ml/h). Superficially demarkable thermal induced 
lesion (marker) next to the primary target area (left fig.). Secondary coagulation lesion caused by interstitial rinsing 
path along a major vessel (right fig.). 

When using an applicator with an electrode irrigation system, a higher initial power setting can be applied compared to 
me standard applicator (see Tab. 2). The dehydration of the tissue is prevented and thus the electric coupling can be 
guaranteed for the whole application time. The typical power decline of the standard applicator does not occur so that the 
tissue can be heated up more efficiently because of a higher energy deposition (Fig. 8). 
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Fig. 8: Typical course of power and impedance of a rinsed applicator 

152 



The coagulation volume dimensions are difficult to determine because of the inhomogenity of the thermal lesion. The 
values in table 2 represent the results of more than 30 measurements with a liquid rinsed RF-applicator tip. An optimum 
flushing rate was found to be between 40-60 ml/h at a the power setting of 20 watts. 

Tab. 2: Achieved coagulation volumes in liver tissue (6 of tissue before application: 20 - 23°C, 9 of saline solution: 23°C) 

diameter 
of needle 

[mm] 

length of 
ei / ins. / e2 

[mm] 

irrigation 

[ml/hi 

power 
setting 

[W] 

time 

M 

electrical 
energy 

[J] 

coag.- 
diameter 

[mm] 

coag.- 
length 
[mm] 

coag.- 
volume 
[mm3] 

3 18/6/18 40 20 600 8400 25 46 15100 

3 18/6/18 60 20 600 12300 26 47 16600 

3 18/6/18 80 20 600 12300 26 47 16600 

Cooled applicator 

Most of the problems associated with both the standard applicator and the flushed applicator can be avoided by cooling the 
electrodes internally. When the surface of the electrodes is kept at a low and constant temperature ie. 20-30° C, the 
temperature of the tissue in the vicinity of the electrodes will not exceed 100°C, which means that at least initially, local 
dehydration can be prevented. The principle design of a bipolar internal cooled RF-power applicator is shown in Fig. 9. 
The diameter of this probe is 3 mm, the length of each electrode being 18 mm. The RF-applicator is flexible and heat 
resistant up to 200 °C. 

electrode electrode catheter-tubing 

tip 

spacer 

Fig. 9 Principle design of the RF-power applicator with internal cooling circuit 

The second and most important feature is that the cooling 
shifts the hottest spots some millimeters away from the 
surface into deeper tissue layers (in conventional 
applicators they are on the electrode surface, depending 
on the power and cooling)(Fig. 10). In the hot spot 
regions temperatures of up to 150° C can occur but a 
small area around the electrodes is always electrically 
conductive which allows conversion of electrical current 
into heat throughout the entire application time. With 
power settings > 80 W and application times > 20 min 
severe tissue dehydration and carbonization are observed 
at the hot spot regions. No carbonization in the tissue 
surrounding the electrode or tissue adhering to the 
electrodes was observed, even at power settings > 80 W. 

r Ttot 

RF-Electiode 

Tcl[kmd, = const. 
= T coobnf! medium 

  

Fig. 10: Principle of thermal peak shift due to electrode cooling 

A flow rate of between 40 - 200 ml/min depending on the power setting, is sufficient for effective cooling of the electrodes 
during an application as a large percentage of the heat energy will be cooled away from the electrodes. The temperature of 
the coolant before and after electrode contact had a maximum difference of 5°C. This suggests that neither a pre-cooling of 
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the coolant to a temperature lower man ambient temperature nor higher irrigation rates would have a major impact on the 
coagulation process. Tab. 3 shows the values of the in vitro measurements. 
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Fig. 11: Typical course of power and impedance of a cooled applicator 

Tab. 3   Achieved coagulation volumes in liver tissue (6 of tissue before application: 20 - 23°C; 0 of coolant (distilled 
water): 23°C) 

diameter 
of needle 

[mm] 

length of 
ei /ins. / e2 

[mm] 

irrigation 

[tnl/min] 

power 
setting 

[W] 

time 

[si 

electrical 
energy 

[J] 

coag.- 
diameter 

[mm] 

coag.- 
length 
[mm] 

coag.- 
volume 
[mm1] 

3 18/8/18 130 40 600 21500 34 45 27200 
3 18/8/18 130 60 600 30500 32 46 24600 
3 18/8/18 130 70 600 26300 31 46 23200 
3 18/8/18 40 40 600 21500 34 46 27800 
3 18/8/18 70 40 600 21500 33 45 25600 
3 18/8/18 100 40 600 21500 33 44 25100 

In-vitro-Retota 

Using 3 mm bipolar RF-probes, porcine liver tissue could be efficiently coagulated in vitro within 10 minutes whereby the 
efficiency depends on the primary energy input of the investigated types of RF-application probes (see Fig. 2). 

The resulting coagulation, which is representative 
for a bipolar standard applicator, is shown in 
Fig. 12. The spatial coagulation expansion is more 
elliptical because of the limited current density. 
The diameter/length-ratio is approximately 2/4. 

Fig. 12: RF-induced thermal lesion in 
porcine liver, performed with a bipolar 
standard applicator (10 W/10 min) 
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The performance of the tested 3 mm probes could be increased by a factor of two, using flushed needle tips which avoid 
desiccation and carbonization of the tissue surrounding the probe. However this application is not without danger because 
of a possible unintended flow of the saline solution in the interstitium or along the needle insertion path. The results of the 
experiments with the cooled RF-power-applicator showed several positive features: 

1. Higher power settings are possible without dehydrating the tissue in the vicinity of the applicator. As a consequence 
within the same application time, a larger coagulation volume is generated. The volume is more than twice as large 
c.f. the standard applicator. 

2. Furthermore the shape of the coagulated area is more spherical. The diameter/length-ratio is 2/3 in contrast to 2/4 
c.f. unflushed applicator. 

3. After the procedure, the applicator can be easily withdrawn from Ihe tissue because the tissue does not adhere to the 
cooled electrodes. 

Fig. 13 shows the resulting tissue coagulation after treatment with a 3 mm cooled RF-power applicator. The power setting 
was 40 Watt over a time period of 20 minutes and a cooling rate of 100 ml/min. 
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Fig. 13: Spherical RF-induced thermal lesion in liver tissue with cooled bipolar RF-power-applicator 

4. COMPUTER PROGRAM FOR DOSIMETRY 

The following text presents the theoretical basis necessary for the realization of the computer simulation. At first a 
differential equation to describe the electric field problem is derived from Maxwell's equations. To allow a numerical 
solution, the area of calculation ('region of interest') is separated into discrete volume elements and the partial derivatives 
are approximated by finite differences. With the finite difference method (FDM) the distribution of the heat source is 
calculated, which is in the case of RFITT, the electric power density. After the electrical problem has been solved the heat 
diffusion is determined. This is also done by FDM. With the resulting temperature distribution and the chronological 
course of the temperature, the tissue damage is calculated and can be displayed graphically. 

Further details on the theoretical background of the computer model and the FDM-algorithms can be found in [6]. 

After the implementation of the different parts of calculation (determination of electrical power density, calculation of 
temperature increase and heat conduction, solving the damage integral) the algorithms were combined into a hybrid model 
for the dosimetry of interstitial application of RF-current (fig. 14). The correct model version is shown on the left side of 
the figure. The electric and the thermal problem is calculated cyclically. The change of the electric and the thermal 
parameters with temperature is considered before each calculation cycle. A simplified model can be seen on the right side. 
Here the electric field is calculated only once after starting the simulation with the assumption of a constant distribution of 
the electric conductivity. The heat transfer is calculated cyclically taking account of changing thermic parameters. 
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AdtpaON If 

Fig. 14: Floating diagram of the simulation program for dosimetry in interstitial thermotherapy with RF-current; left: 
accurate, right: simplified version. 

As basic investigations have shown, the electric tissue properties are dependent on temperature. The left diagram of fig. 14 
shows the result of a temperature dependence measurement performed with a special tillable capacitor. For 
implementation in the simulation program, the temperature dependence of the specific conductivity has been estimated by 
a linear approximation. Therefore the measured course was extrapolated knowing that the measured decline of 
conductivity after 65°C is caused by the measurement set-up and not by the tissue and that the conductivity will increase 
until the dehydration of tissue begins after 100°C due to the boiling of water. 
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Fig. 15: Left: Measured course of specific conductivity and relative permittivity in a temperature interval from 25 - 
70°C. Right: Linear approximation of time dependence of specific conductivity for an interval from 0 - 150°C 
(porcine liver). 

For the implementation of the RF calculation a different region of interest (fig. 16) and different element dimensions as for 
the heat transfer are used. 
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Fig. 16: Possible regions of interest for RF-field calculation (60 x 30 mm) and heat distribution (100 x 100 mm) 

The accuracy of an on-line dosimetry (using the simple model) can be increased by measuring the actual RF-power during 
the application and rescaling the power density distribution. The output power of the RF-generator therefore has to be 
transformed into a proportional voltage signal and given to an A/D-converter. 

5. EVALUATION OF COMPUTER MODEL 

Figure 17 (left) shows the simulated damage distribution of an applicator with 3 mm diameter. The RF-power during the 
application of 10 min was 10 W. The photo on the right side shows the result of the corresponding in vitro experiment. 
Volume and shape of the simulated and the real necrosis are almost the same. The simulation was performed with the 
accurate model. 

JLOiOO 6043 

Fig. 17: Simulation and in vitro 
experiment; 
3 mm applicator 
10 W, 10 min 

Due to the fact that the calculation of the electric potential requires a few seconds on a PC with Pentium 90 processor, even 
with a low resolution (Ar = 0.5mm, Az = 1mm), the model with dynamic electric conductivity can not yet run at real time 
because the electric potential is calculated in every program cycle. 
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A real time simulation can be performed with the simple model because here the potential is only calculated once after 
starting the program, and men only the heat transfer is calculated which occurs very rapidly. A disadvantage of the simple 
model is the deviation of the shape of the necrosis especially in the first minutes of the simulation before the heat 
conduction has the major impact on die coagulation volume. 

1 min 

12 min 

Fig. 18: Damage distributions simulated with the accurate model (dynamic conductivity) (left side) and the simple model 
(right side). A power of 10 W was applied 10 min with a 3 mm applicator (see fig. 17). The last two pictures show 
the degree of damage two minutes after switching off die power. 

6. MONITORING WITH MRI 

Preliminary investigations were carried out regarding the feasibility of MRI monitoring (Siemens MAGNETOM, 1.5 T) 
during the RUn-therapy using Flash 2D-ThermoSequences for die monitoring of the thermal heat distribution. For mis 
experiment a cooled RF-power applicator was modified for MRI, using special titanium alloy electrodes from SOMATEX 
Corp., Berlin, and other suitable non-magnetic materials. The first results of the material testing with a head coil and 
applicator in contrast medium are shown in fig. 19. Fig. 19 (left side) shows the applicator tip with clearly demarkable 
electrode artifacts which allows the radiologist to precise position the applicator probe in the target area. The length of the 
insulator was measured between bom electrodes and the electrode itself. They exactly fitted the probe values. 
Measurements were performed with 5 Watt RF-power in order to visualize the artifacts caused by the interference of the 
500 kHz field of the RF-generator. 

Fig. 19: MRI monitoring tests of a bipolar RF-applicator without (left) and with RF-current flow (right) 
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Consequently, an electrosurgical application for RFITT under MRI control should not be applied continuously but 
intermittently to avoid causing severe artifacts in the MRI monitoring. 

IN VITRO INVESTIGATIONS WITH MRI MONITORING 

In vitro experiments were performed to evaluate the RFITT 
with MRI-monitoring. Intermittent MRI measurements of 15 s 
were followed by RF-current application for about 60 s. With 
this ratio the efficiency regarding the coagulation volume of the 
procedure is similar to a continuous RF-current application, - 
no significant difference could be measured between the 
coagulation volumes achieved. 

In fig. 20 a sequence of 6 measurements was evaluated using 
Flash-2D Thermo-MRI-Sequences. The course of the thermo 
signal sequence is shown. The point of measurement is 
highlighted (No.l). The amount of signal decrease caused by 
RF-induced tissue heating of porcine liver with a bipolar 
standard RFITT-applicator is comparable to the results which 
could be performed with a standard LITT-applicator. 

Fig. 20:1« vitro result of Flash-2D Thermo-MRI-Sequences 

7. CONCLUSIONS 

The coagulation volumes achieved in tissue, using cooled, irrigated and 3 mm standard needle applicators are comparable 
to those of the Laser Induced Thermotherapy (LITT) using the same energy input [7, 8]. Thus the RFITT could be an 
economical alternative or addition to LITT. Furthermore, MRI monitoring is also suitable for RFITT procedures. The 
feasibility of RFITT-planning and -monitoring with the developed simulation program was also shown. This could be a 
very useful tool for the surgeon. The difference between simulated and real coagulation volume is already quite acceptable. 
A further increase in accuracy would be possible by improving the implementation of the temperature dependence of the 
electric conductivity, for example, with a look-up table of measurement values. Research supported by the BMBF (13 N 
6685). 
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MR imaging guidance for minimally invasive procedures 

Terence Z. Wong, Joachim Kettenbach, Stuart G. Silverman, 
Richard B. Schwartz, Paul R. Morrison, Daniel F. Kacher, and Ferenc A. Jolesz 

Department of Radiology, Brigham and Women's Hospital, 
Harvard Medical School, Boston, MA 02115 

ABSTRACT 

Image guidance is one of the major challenges common to all minimally invasive procedures including 
biopsy, thermal ablation, endoscopy, and laparoscopy. This is essential for 1) identifying the target 
lesion, 2) planning the minimally invasive approach, and 3) monitoring the therapy as it progresses. 
MRI is an ideal imaging modality for mis purpose, providing high soft tissue contrast and multiplanar 
imaging capability with no ionizing radiation. An interventional/surgical MRI suite has been 
developed at Brigham and Women's Hospital which provides multiplanar imaging guidance during 
surgery, biopsy, and thermal ablation procedures. The 0.5T MRI system (General Electric Signa SP) 
features open vertical access, allowing intraoperative imaging to be performed. An integrated 
navigational system permits near real-time control of imaging planes, and provides interactive 
guidance for positioning various diagnostic and therapeutic probes. MR imaging can also be used to 
monitor cryotherapy as well as high temperature thermal ablation procedures using RF, laser, 
microwave, or focused ultrasound. 

Design features of the interventional MRI system will be discussed, and techniques will be described for 
interactive image acquisition and tracking of interventional instruments. Applications for interactive 
and near-real-time imaging will be presented as well as examples of specific procedures performed 
using MRI guidance. 

Keywords: MRI, interventional, surgery, ablation, percutaneous, endoscopy, biopsy, laser, minimally 
invasice therapy 

1. INTRODUCTION 

Minimally invasive procedures may be divided into diagnostic and therapeutic applications. One 
major diagnostic procedure is biopsy using either fine needle aspiration or automated biopsy needles to 
obtain tissue cores. Cross sectional imaging modalities, including computed tomography (CT), 
ultrasound, and magnetic resonance imaging (MRI) permit tissue targeting, trajectory planning, and 
guidance during insertion of the biopsy device. Other advantages of image guidance include 
verification of the sample location and early recognition of complications, such as hematoma. State-of- 
the-art fluoro, ultrasound, ultrafast fluoro-CT scanners, and interventional MRI systems allow 
essentially real-time imaging during the biopsy procedure. MRI offers several significant advantages 
over the other imaging techniques. First, MRI produces excellent soft tissue contrast and in some cases 
may be the only imaging modality to demonstrate the abnormality. Some lesions may enhance on CT, 
but may become less conspicuous with time, making adequate targeting impossible. Second, MRI allows 
multiplanar imaging, and image plane selection may be interactively directed by the biopsy device. 
While ultrasound also permits real time and multiplanar imaging, it is limited by its inability to 
penetrate air-filled structures such as bowel or lung. MR images form a 3-dimensional data set which 
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can be integrated with other imaging modalities, such as positron emission tomography (PET) or single 
photon emission tomography (SPECT). In addition, MRI sequences sensitive to activity or function are 
being developed. This can allow tissue targeting based on functional as well as anatomic information. 

A logical extension of the percutaneous biopsy technique is insertion of a therapeutic probe into the 
target lesion using image guidance. Of the cross sectional imaging modalities, MRI is the most sensitive 
for monitoring the tissue changes resulting from minimally invasive therapies. While CT and 
ultrasound may detect necrosis and irreversible changes from thermal ablation, MRI is the only method 
which is sensitive enough to detect subtherapeutic thermal changes. This is an important advantage 
which can be utilized for treatment planning1. 

The second major category of minimally invasive diagnostic or therapeutic procedures is endoscopy. 
Imaging can be a powerful adjunct to endoscopic procedures and provides information on the position of 
the endoscope relative to surrounding tissues. MRI is the only modality which permits noninvasive 
tracking and image selection based on the position of the endoscope. Miniature RF coils2 located en 
catheters, needles, endoscopes, or laparoscopes can be used to detect MR signal and establish spatial 
coordinates, permitting MRI localization of these devices within tissues (MR tracking). 

2. INTERVENTIONAL MRI DESIGN 

Several magnet configurations are currently used for MRI-guided procedures2. These include 1) 
modification of the conventional long bore configuration, 2) short bore design, 3) horizontal gap open- 
configuration, and 4) vertical gap open-configuration. These are summarized in Table 1. 

TABLE 1: Possible MRI configurations for interventional imaging. 

CONFIGURATION FIELD ACCESS            ADVANTAGES 
Long bore (closed) 1-3T Poor                  Highest image quality 
Short bore (closed) 1 -1.5 T Fair                  Fast gradients, cardiac/vascular applications 
Horizontal open gap 0.02-0.6 T Good                 Maximum safety and instrument compatibility 
Vertical open gap 0.5 T Very Good        Intraoperative imaging, flexible positioning 

While the conventional closed long-bore configuration will provide the highest image quality, it offers 
the least patient access. However, this design is compatible with certain minimally invasive 
procedures; interstitial radiofrequency (RF), laser, microwave, or cryo probes can be positioned (using 
ultrasound guidance, for example) prior to sliding the patient into the scanner, and subsequent high- 
field MR imaging can be used to monitor the thermal ablation therapy. Alternatively, the minimally 
invasive device, for example focused ultrasound, can be incorporated into the MRI scanner. The focused 
ultrasound technique may be the ultimate minimally invasive therapy, as energy is delivered through 
the body surface and focussed deeply, eliminating the need for insertion of any probe. The major 
disadvantage is the inability of ultrasound to penetrate gas-containing structures such as lung or bowel. 

The closed short-bore configuration with flanged bore openings permits slightly improved patient 
access, and may be most useful for cardiac and vascular applications. Miniature endovascular coils 
mounted on catheters permits tracking of the catheters as they are positioned within the vessels. Their 
position can be superimposed on flow-sensitive MR images, creating a "roadmap" type of catheter 
localization4. In addition, endovascular coils enable imaging of the vessel walls for evaluation of 
plaque and response to intervention such as angioplasty. 
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The horizontal gap MRI design provides horizontal access to the patient, allowing most radiologic 
percutaneous procedures to be performed. The low field minimizes the need for shielding of equipment, 
but also potentially limits imaging capability. The overlying magnet structure precludes open surgical 
procedures while the patient is within the imaging field, but intraoperative imaging is possible by 
physically moving the patient into and out of the MRI system to obtain images. 

A vertical gap mid-field strength MRI system was developed by General Electric (Signa SP, 
Milwaukee, WI) in collaboration with Brigham and Women's Hospital in 1993. This is the only design 
which permits true intraoperative MR imaging without moving the patient. The MRI system has been 
described in detail5'*'7, and consists of two vertically oriented superconducting coils separated by a 56 cm 
gap, within which a 30 cm sphere of uniform static magnetic field is maintained for imaging. Flexible 
transmit/receive coils have been designed to be placed on the patient in close proximity to the imaging 
volume, while simultaneously allowing surgical and interventional access. The MRI system is 
maintained in an operating room environment, with adjacent clean and scrub areas, and the design of 
the intraoperative MRI interventional suite at Brigham and Women's Hospital has been reported in 
detail8. Anesthesia equipment, surgical instruments, patient monitors, and electrocautery devices were 
modified to be MRI compatible. Specialized devices such as a pneumatic neurosurgical drill or a MR- 
compatible microscope have also been developed10. 

The environment of the MRI system permits it to be used for both interventional and intraoperative 
applications8. Although open surgery is by definition not a minimally invasive procedure, image 
guidance can, by accurate targeting and presurgical planning, minimize the damage to healthy tissue 
and maximize removal of the abnormality; this minimizes the invasiveness of the surgical 
intervention. In the remainder of this paper, we will summarize our experience with MR imaging 
guided interventional and intraoperative procedures using the vertical gap 0.5T MRI system (Figure 1). 

FIGURE 1; The GE Signa SP 
0.5T MRI system is designed for 
both interventional and in- 
traoperative procedures. Ver- 
tical access is provided on ei- 
ther side of the patient be- 
tween two superconducting 
coils. LCD displays are 
mounted on both sides of the 
work area at eye level. 

(Courtesy GE Medical Systems, 
Inc.) 

3. CLINICAL EXPERIENCE AT BRIGHAM AND WOMEN'S HOSPITAL 

At this time, the major clinical application of the interventional / intraoperative MRI system at 
Brigham and Women's Hospital is imaging guidance during open craniotomies*. To date, over 120 MRI- 
directed craniotomies have been performed. MRI-guided intracranial biopsies are the second most 
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common procedure9. In total, over 200 MRI-guided neurosurgical procedures have been performed. The 
expected benefits of improved biopsy targeting and tissue selection for resection are apparent during 
surgery10, but the cost effectiveness of MRI guidance awaits further clinical experience. However, it 
should be noted that MR-guided, frameless streotactic biopsies significantly shortened the total 
procedure time". 

Therapeutic interventions that have been performed on the open-configuration MRI system are 
summarized in Table 3. This includes eleven laser ablations: 7 in the liver, 3 in the brain, and 1 in the 
epipharynx. Endoscopic sinus surgery and transphenoidal pituitary resections have also been 
performed. MR imaging permits identification of structures deep to the surgical exposure71213. In several 
of the transphenoidal cases, MR imaging identified additional tissue that was not visible through the 
endoscope9. 

TABLE 2:   MRI-guided biopsies at Brigham 
and Women's Hospital (10/97). 

Brain 70 
Liver 32 
Other abdomen/pelvis 29 
Head and neck 16 
Extremeties 8 
Other sites 9 
TOTAL 164 

TABLE   3:     MR  image-gui ded   therapeutic 
and    Women's interventions    at     Brigham 

Hospital (10/97). 

Drainage procedures 13 
Laser ablation 11 
Endoscopic sinus surgery 11 
Transphenoidal pituitary resections 5 
TOTAL 40 

Abdominal/pelvic biopsies are performed in the MRI system in a manner similar to using CT or 
ultrasound guidance. Potential advantages or MRI include true three-plane imaging, the ability to 
visualize major vessels, and the lack of exposure to ionizing radiation. Some lesions are only visible on 
MRI, making this the guidance modality of choice. Nonetheless, many image-guided biopsy procedures 
in the abdomen or pelvis are just as easily done under ultrasound or CT image guidance, particularly 
with the advent of ultrafast CT units. Our experience with MRI-guided interventions involving the 
genitourinary system is described elsewhere14. 

4. INTERACTIVE IMAGING AND NAVIGATION 

To provide interactive information to the interventional radiologist or surgeon, two color liquid crystal 
display (LCD) screens are mounted on the bore of the MRI unit at eye level. These can be used to display 
images directly from the MR scanner, or can show the near-real-time images to the interventionalist as 
they are acquired814. 

An optical tracking system (Flashpoint, Boulder, CO) is built into the MRI unit2,8. Interactive probes 
equipped with infrared light emitting diodes (LEDs) are attached to biopsy needles or other 
interventional instruments. The locations of the LEDs are tracked by a video system mounted in the bore 
of the magnet above the imaging volume, and the coordinates of the interventional device calculated 
for interactive prescription of MR imaging planes. For example, the user can select MR images to be 
obtained in the plane of the biopsy (or interventional) probe, or perpendicular to the probe axis. 
Depending on the MR imaging sequence selected, continuous scanning provides updated MR images every 
2 to 20 seconds. Graphic annotation allows visualization of the "virtual needle" for trajectory planning. 
A "fast needle graphics" feature allows the user to make fine adjustments to the virtual needle 
trajectory which is displayed in real time between image acquisitions. These features facilitate the 
feedback loop between the interventionalist or surgeon and the MR imaging system. 
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Interactive MR imaging can be used in several ways for planning and performing interventional and 
surgical procedures. For interactive imaging, the interventionalist uses the interactive probes to 
navigate through the region of interest, in a manner similar to ultrasonography. This technique is 
particularly useful for establishing the relationship between surface landmarks and underlying 
structures, and planning the interventional or surgical approach. In the targeting mode, specific 
annotation is added to the acquired images, which enable the operator to view the needle path and 
tip. The trajectory and target can then be verified by imaging in three orthogonal planes. When the 
desired trajectory and target point has been established, the interventional probe can be advanced, and 
its progress observed on the MR images as they are acquired in near-real-time; this is termed the 
tracking mode, and confirms satisfactory positioning of the biopsy needle or therapeutic probe. 

Figure 2 illustrates an example of an intracranial biopsy performed using interactive MRI guidance. In 
this case, the lesion is a small enhancing focus in the suprasellar region. Initially, a trajectory is 
selected prior to insertion of the biopsy needle by positioning the biopsy guide equipped with optical 
tracking. Needle annotation (representing a "virtual needle") with user-selectable lengths can then be 
displayed to target the lesion. Once the trajectory is established, the needle can be advanced and 
observed in near real-time. This is done in a step-wise manner as the needle approaches the target. In 
Figure 2 (a and b), the needle annotation is seen along with the signal void caused by the biopsy needle. 
The actual biopsy needle is seen to extend slightly beyond the "virtual" needle tip because the actual 
tissue sampling is from a side port is just proximal to the needle tip. 

FIGURE 2; Example of MRI-guided 
biopsy of a deep suprasellar lesion. 
Near real time T1W images were 
obtained following intravenous 
gadolinium. Target is the small focus 
of suprasellar enhancement Signal 
void from the biopsy needle is seen 
superimposed on the needle 
annotation in two planes (a,b). Target 
is confirmed in the plane 
perpendicular to the needle (c). 
Biopsy site is confirmed at time of 
sampling on parasagittal image with 
annotation removed (d). 

In neurosurgical applications, MRI guidance has several advantages over conventional stereotactic 
biopsies. First, MRI is the most sensitive imaging technique for defining intracranial abnormalities, 
and may demonstrate the target lesion more clearly than CT. Second, the stereotactic frame and pre- 
procedure CT are unnecessary, saving time and eliminating the possible risks associated with iodinated 
contrast Third, imaging during the procedure allows the location of the actual biopsy to be confirmed, 
which may reduce the number of repeat biopsies and indeterminate pathology results. Finally, any 
resulting complications (i.e. bleeding) can be detected early. 
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There are several potential advantages of MR imaging guidance during open craniotomies for resection 
of intracranial lesions. First, MRI can be used to plan the approach and degree of resection. The 
craniotomy site can be precisely positioned and minimized in size. Secondly, since the intracranial 
abnormalities are often clearly demonstrated by MRI, serial images permits the progress of the 
resection to be followed for accurate removal of the desired portions of the lesion. The completeness 
with which a lesion can be removed depends largely on its proximity to critical functional regions of 
the brain, such as motor, speech, or visual areas. Serial MR imaging allows these critical areas to be 
identified and avoided. Other coordinate-based imaging techniques for guiding craniotomies depend on 
presurgical imaging and cannot account for shifts in brain and lesion position which occur during the 
resection. In addition to anatomic guidance for neurosurgery, MRI can provide physiologic information, 
either through functional MRI (e.g. to identify speech areas). We have done a pilot study 
demonstrating the effectiveness of dynamic MR imaging in distinguishing tumor recurrence from prost- 
treatment necrosis in glioblastoma patients who have been previously irradiated15. These MR 
techniques can aid the neurosurgeon in further refining the target tissue to be biopsied or resected, and 
thus reduce the invasiveness of the intervention. Finally, as previously mentioned, MR imaging allows 
early diagnosis of any immediate intraoperative or post-operative complication, such as hemorrhage. 

,^^y.     .   _•; 

-, V 

FIGURE 3: MRI guidance for 
craniotomy. This small vascular 
malformation (black arrow) is below 
the cortical surface and not visible to 
the surgeon. A saline-containing pointer 
has been inserted (white arrows). 

Figure 3 illustrates MR guidance for resection of a small 
vascular malformation in a patient with seizures. Situated 
below the cortex, this lesion was not visible to the surgeon 
A saline marker was used to mark a fissure and imaged. The 
precise position of the leison relative to the pointer could 
then be reported to the surgeon, who could then redirect the 
microscope to the appropriate location. Although not a 
minimally invasive procedure per se, MRI guidance allows 
surgical resection of lesions such as this with minimal 
damage to overlying normal tissue, and therefore minimizes 
invasiveness of the procedure. 

5. THERMAL ABLATION 

Ultimately, one of the most significant applications of 
interventional MRI and MR imaging guidance will be in 
thermal ablation of various neoplasms. MRI is clearly the 
modality of choice for these procedures, because it can be 
used both to guide placement of the ablation probes and 
monitor the thermal treatment. Techniques for creating 
thermal ablation lesions are discussed in detail elsewhere 
in these proceedings, and will therefore only be briefly 
mentioned. Thermal ablation methods include laser, 

radiofrequency (RF), ultrasound (US), and microwave energy. Temperatures above 56-60°C cause 
irreversible tissue damage, and the pathophysiology is similar regardless of the energy source. 

Laser energy, delivered to tissue by optical fibers, has the advantage of small diameter and efficient 
energy delivery to the treatment site. Being non-metallic, the laser fibers are MRI compatible. The 
major disadvantage of lasers is the relatively limited penetration depth and therefore relatively 
small lesion size (Fig. 4). 
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FIGURE 4: Chemical Shift-based imaging with phase 
mapping of a left parietal brain tumor (recurrent glioma). 
On the resultant phase image (upper window) thermal 
changes are highlighted within the tumor during laser 
therapy (single fiber, 3 Watt, 1 minute). Temperature 
gradients were then calculated along a line through the 
tumor, demonstrating a temperature elevation of more than 
15 degrees Celsius above body temperature (lower window) 
within the tumor. 

RF energy can be delivered simply through needles 
implanted in the target lesion. Large lesions can be created 
with this technique by implanting a tight array of needles, 
by cooling the needles, and by pulsing RF power16,17. One 
disadvantage of RF heating is the interference between the 
energy source and the MRI system, precluding imaging while 
the RF device is on, although some groups are addressing 
this problem. Microwave energy has the potential to 
penetrate deeper into tissues than either laser or RF 
methods, but small implantable antennas are much more 
complex to design, and mis technique is not in common use a t 
this time. 

Finally, one of the most promising techniques for thermal ablation, when combined with MR imaging, 
may be high intensity focused ultrasound (FÜTU). A system has been incorporated into a standard 1.5T 
MRI system (GE Medical Systems, Milwaukee, WI) at Brigham and Women's Hospital"'19. An MRI 
compatible 1.5 Mhz ultrasound transducer is coupled to the body surface by a water bath and focused to 
a deep tissue target. The focal spot is controlled by computer based on MR imaging, and permits 
irregular volumes to be precisely treated. It has been shown that MRI can readily detect temperature 
changes of 7-8°C, therefore detecting temperature elevations below the threshold for causing 
irreversible tissue damage19-20. This permits a low power sonication to be used to verify the treatment 
focus prior to increasing the ultrasound power to ablate the tissue. A precise spatial control of the tissue 
ablation beyond what is possible with interstitial methods is achieved (Fig.5). 
In addition, this technique requires no needle insertions and is therefore the least invasive of the 
minimally invasive therapies. The major disadvantages with the technique are 1) inablility of 
ultrasound to penetrate gas or bone, 2) small treatment volume (focus is only several millimeters in size) 
of each focused ablation, making treatment times longer than for other methods, and 3) patient motion 
is more problematic, since probes are not physically positioned within the target lesion. 
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Several MR techniques are available for determining temperature changes from thermal ablation 
procedures. Molecular diffusion methods can be used, but are sensitive to patient motion, making this 
technique less desirable19. Small temperature-dependent shifts in proton resonant frequency can be 
evaluated with fast spoiled gradient echo sequences20,21'22. Using this technique, Hynynen et al.1 found 
the temperature coefficient for the frequency shift to be 0.011 ppm/°C in rabbit brain. This allows 
temperature changes to be related to phase changes observed on the gradient echo images. Using this 
technique, temperature elevations below the threshold for tissue damage can be detected for 
localization and verification of the ultrasonic focus prior to therapeutic sonication. Irreversible tissue 
damage caused by temperatures exceeding 60°C are evident on T1W and T2W conventional spin-echo 
images23. 

6. CONCLUSION 

The addition of MR imaging guidance can greatly enhance the abilities of current minimally invasive 
procedures by providing information about the relationship of the interventional device to the target 
lesion and the surrounding anatomic structures. The major advantages of MRI over other cross-sectional 
imaging modalities is the high tissue contrast, multiplanar imaging capability, and sensitivity to 
parameters such as temperature, which allow monitoring of therapeutic interventions during the 
treatment. The major disadvantages of MRI-guided interventions include the high cost of the imaging 
system and the high magnetic field environment which complicates design of interventional devices 
and associated electronic equipment. Access to the patient for interventional procedures is a problem 
that has been solved to a large extent, but at this time no MRI system exists which combines the 
advantages of high field strength and open patient access. Interactive MR imaging is made available 
by navigational devices which control the plane of image acquisition and permit direct visual feedback 
to the interventionalist or surgeon. This allows near real-time control during the interventional 
procedure. 

In spite of its relatively high cost, MRI is unique in its abilities to detect subtle abnormalites and to 
actively monitor minimally invasive therapies, such as thermal ablations. Providing that the 
thermal ablation apparatus is MRI compatible, MRI monitoring can be applied to any thermal 
ablation modality (laser, RF, ultrasound, or microwave energy). The development of faster and more 
sensitive imaging sequences, along with functional MR imaging will only further enhance the utility of 
MRI-assisted interventions and surgery. 
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ABSTRACT 
A laboratory scale multi-illumination microwave imaging system has been successfully demonstrated for the reconstruction of 
biologically relevant materials and has also been shown to be sensitive to thermally induced electrical property changes. 
Several challenges are currently being addressed in an effort to bring the system to the clinic for use in non-invasive 
thermometry. These include: (1) increasing the size of the imaging region, (2) reducing image artifacts due to the presence of 
multiple antennas during illumination, and (3) developing a solid illumination chamber to replace the saline bath tank. The 
first two are intimately related. As the imaging system size is increased to clinically useful dimensions, we must inevitably 
reduce the lossiness of the surrounding medium which will subsequently increase the antenna-antenna interactions. This is 
being addressed both in terms of the design of the individual antennas and in terms of introducing compensating techniques 
into the numerical model. Investigating these areas will provide insight into the ultimate capability of this imaging 
modality. Additionally, a solid material is being developed with electrical properties close to that of saline. Working in 
such a lossy medium has significant advantages in terms of the antenna performance and the reduction of unwanted multi-path 
signals propagating into and out of the desired imaging plane. With these tasks completed, quantification of the system's 
ability to recover electrical property distributions and thermal profiles based on difference imaging techniques will be 
investigated for both phantom and in vitro experiments. 

Keywords: microwave, imaging, iterative, reconstruction, multi-illumination, electrical properties, temperature monitoring 

1. INTRODUCTION 
During the past six years we have been developing a 2D multi-illumination microwave imaging system for 

biomedical applications.1'2'3'4'5 This work was started with a thorough analysis using numerical simulations which led to 
the choice of a hybrid scheme of the finite and boundary element methods for our forward computation models and a Newton- 
Raphson iterative technique for image reconstruction.1-2 Initial phantom experiments were performed utilizing a manually 
moveable single transmitter and receiver data acquisition system which was eventually upgraded to a fixed 16 channel system 
with each antenna electronically selectable for either transmit or receive.3'4 

Several important discoveries have been made at the various stages of development which have significantly 
impacted our subsequent upgrades. Primarily, we determined that performing the experiments in a lossy saline bath was 
beneficial for several reasons.3 First, it dramatically improved the impedance match of the various antennas we employed 
over a broad bandwidth and reduced any surface currents that might have been excited. Second, it attenuated the signals 
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propagating out of the imaging plane to such an extent that when they were reflected back into the plane by some object, their 
resultant contribution was negligible. The downside to using this lossy medium has been the reduction in desired signal 
strength and the subsequent limitations on the size of our imaging region. Until now, we have performed most of the 
experiments using a 14 cm diameter imaging area.3-4*1 Obviously the goal is to increase this, and while we do not show 
such results here, we are presently constructing a 28 cm diameter array with 32 antennas. The results presented here represent 
the necessary studies required before its implementation. 

Additionally, as we increase the size of the imaging area, we are also concerned with maintaining and possibly 
improving both the spatial and contrast resolutions. With the type of image reconstruction employed here, the number of 
points at which the electrical properties can be recovered is proportional to the amount of observation data. This led to the 
choice of the monopole antenna design employed in a TM illumination mode because we could physically configure many of 
these close together while also being relatively close to the target region. Using diese does have drawbacks such as zero 
directivity which reduces the signal propagation distance even further. An important advantage to its use in terms of our 2D 
model is that they could be considered point sources. We have demonstrated excellent agreement between field 
measurements and the computed values.5 

However, there is a limit as to how close we can pack the antennas before seeing adverse effects in our system. We 
have been able to observe significant field perturbations between the case where only one transmitter and one receiver are 
present to the case where the full array is present for a range of operating frequencies and varying saline levels. We will show 
results where we are working to represent these effects in the forward model along with hardware approaches for reducing the 
effects in the reconstruction algorithm. We will show that these issues are being considered thoroughly as we go to the larger 
target regions. 

The last major challenge as we proceed towards a clinical implementation is die construction of a solid illumination 
chamber to replace the saline bath. While saline is ideal in terms of its high dielectric constant for matching to human tissue 
and its easily adjustable attenuation coefficient via manipulation of the sah concentration, it would be difficult to use in a 
clinical situation. We have been working to develop a solid material with roughly the same electrical properties as saline to 
use in a solid illumination chamber. At present we have produced a preliminary chamber made from carbon loaded 
potyethylmemacrylate (PEMA) that demonstrates the desirable properties for the frequencies of interest. 

Finally, with the ultimate goal of this system to be able to monitor temperature distributions, we show phantom 
results demonstrating the ability to monitor temperature distributions along with images for the case of a perfused kidney 
with saline heated to different temperatures.6 

2. RECENT EFFORTS 

A. Increased Imaging Region Size 
As mentioned in the introduction, one of our primary goals is to increase the overall size of our imaging region to 

something that is useful in a clinical setting. Before committing to the costly and time-consuming task of building a larger 
system with a solid illumination chamber, we felt it was imperative to study various problems that might occur in our 
saline-based configuration. Figure 1 is a photograph of the upgraded, 32 channel microwave switching matrix and Figure 2 
is the new antenna array mounting configuration with a 28 cm diameter imaging region. Some of the more fundamental 
issues which will be studied in this latest upgrade will be: I) 32 channel switching matrix compared with the old 16 
channel system - In order to maintain comparable spatial and contrast resolution as we increase the size of the imaging region, 
the amount of measurement data must be increased. One way to do this is simply to increase the number of 
radiating/receiving antennas in the array which we have allowed for here. 2) Allowing for nominal manual array rotation to 
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increase the amount of measurement data - A second way to increase the amount of measurement data is to rotate the entire 
array slightly to increase the number of illumination and receiver positions. This is attractive for a number of reasons. First 
it reduces the overall number of data acquisition channels and antennas, thus reducing the cost of electronic components. 
Second, as will be discussed in Section B, the closer the antennas are packed together, the more the switched OFF antennas 
will perturb the transmitted signal. Therefore, there is a premium on keeping the number of antennas in the array down. One 
potentially detrimental effect of the mechanical motion to the overall system is that the flexible cables attached to the antennas 
may change their phase and amplitude characteristics during rotation. Special cables have been purchased along with making 
significant modifications to the antenna mounting fixture for this purpose while modifications to the calibration procedure 
may also be required to account for these effects. 3) Reduced saline concentration - As the imaging region is increased, the 
distance that the microwave signals must travel between transmitter and receiver also increases. Because this transmission 
distance is generally proportional to the lossiness of the medium, we will inevitably have to reduce the lossiness by 
decreasing the saline concentration. This will have two potential adverse effects. First, it will most likely increase the 
antenna-antenna interaction alluded to above. Secondly, it will reduce the amount that possible surface waves on the 
antennas are attenuated. The current monopole antenna design generally excites considerable surface waves in a low loss 
environment. While these antennas are easily constructed and modeled, their use is limited because of the high level of 
surface wave activity. We have been able to deal with this effectively by operating in a high loss medium. As we move from 
a high loss medium to a lower loss situation, we will have to verify that the operation of these antennas is still acceptable. 
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Figure 1. 32 channel microwave switching matrix Figure 2. Antenna array mounting configuration - 28 cm imaging 
region. 

B. Full Array Issues and Workarounds 
1) Background Saline Concentration and Array Element Number Effects on the Current System: 

Previous efforts showed excellent results in reconstructing images for a 16 channel system, with a 14 cm diameter 
imaging region operating in a 0.9% saline solution as the background medium. Figure 3a shows the reconstructed image for 
three targets in the region: a 4.4 cm diameter plexiglas® cylinder filled with a 0.3% saline-agar gel, and a 4.3 and a 2.5 cm 
diameter bone/fat equivalent phantoms (The exact desired image is shown in Figure 3b). These show good spatial resolution 
of the objects and generally good contrast resolution for the larger diameter objects. It is also interesting to note that the 
system is also capable of discerning the presence of the 0.3 cm thick plexiglas® ring. As a precursor to the studies that will 
be undertaken with the new prototype system, we studied how the imaging capability would be affected by reducing the 
saline concentration and then by simulating the array rotation concept with less antennas by rotating the phantom during the 
data acquisition. In the 16 fixed antenna array configuration, for each transmitter the opposing nine antennas are used as 
receivers yielding a total of 144 (16 x 9) pieces of measurement data. In the 8 rotating antenna array configuration, for each 
transmitter the opposing five antennas are used as receivers for the four rotation positions yielding a total of 160 (8 x 5 x 4) 
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pieces of measurement data. Figure 4 illustrates the results achieved using the two configurations for two bone/fat equivalent 
phantoms (4.3 cm and 2.5 cm diameters) spaced 025 cm apart and the 0.9 and 0.6% saline backgrounds. Note that the case 
for the fixed array in the 0.6% saline background did not converge and is not shown. It is clear that while the algorithm did 
converge for both the fixed and rotation array configurations in the 0.9% saline background, die image for the rotation case is 
better in terms of smoothness of the background and the definition of the objects. In comparing the rotation antenna array in 
the two background saline concentrations, it is again clear that the image is better for the higher concentration medium. This 
illustrates that the issues of array element number and background medium concentration will be significant in the 
development of the larger system. 

Real (k2) Imaginary (k2) 

(a) 

(b) 
Figure 3. a) Real and imaginary components of a reconstructed image for the target region containing 1) a 3.8 cm diameter plexiglas® 
cylinder filled with a 0.3% saline-agar gel, and 2) 2.5 and 3.8 cm diameter bone/fat equivalent cylinders within a 0.9% saline 
background, b) Exact representation of the image expected with the three objects described in (a). 
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Real (k2) Imaginary (k2) 

(b) 

(c) 
Figure 4. a) Real and imaginary components of a reconstructed image for the target region containing a 2.5 and a 3.8 cm diameter 
bone/fat equivalent cylinders separated by 0.25 cm within a 0.9% saline background medium utilizing the 16 fixed antenna array at 
700 MHz. b) Image for the for the same case as (a) except for using the 8 rotating antenna array configuration, c) Image for the same 
case as (b) except for a 0.6% background medium. 
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2) Numerical Model Simulations for Incorporating the Presence of Extra Antennas 

An alternative approach which is being investigated is the incorporation of die presence of the extra antennas into the 
forward solution of the numerical model. In general, our philosophy to this system development has been that the best 
possible images will be produced when we have achieved the best match between the forward solution model and the 
measurement configuration. For the case of the extra antennas present while transmitting from one antenna and receiving with 
another, we will treat each as very small but finite circle within the boundary element model domain with appropriate 
boundary conditions. The choice of the boundary conditions at this point is non-trivial and has considerable impact on the 
hardware design. Treating these antennas as simple wires is inappropriate in that after the signal has been coupled to the 
wire, it is not immediately re-radiated out into the medium7. Because the antennas are well matched over our operating 
bandwidth (greater than 15 dB return loss from 300 to 900 MHz), much of the signal will propagate up the coaxial cables to 
the first significant discontinuity and reflect back towards the antenna for re-radiation. With the unknowns in the exact cable 
lengths for each antenna and the exact impedance match of the OFF switches, replicating this condition within the numerical 
model would be difficult. We chose instead to use a radiation boundary condition for each of the extra antennas while 
empirically determining their numerical impedance condition. Critical to mis was the incorporation of "matched" single- 
pole, single-throw (SPST) switches as the last component within the microwave switching matrix to guarantee an impedance 
match of IS dB or better over the working bandwidth. For the most part, any signal coupled to the extra antennas will travel 
up the cable with a minimum being re-radiated out into the medium. Generally this is what is implied when implementing 
a radiation boundary condition. 

Figure 5 illustrates the measured and numerically generated amplitude and phase perturbations while propagating a 
signal from one antenna to another in a homogeneous medium when changing from the condition of no extra antennas present 
to the case where the entire antenna array is present The radius and impedance condition for the extra antennas at each 
frequency were determined empirically by finding the best least squares fit of the computed values to both the amplitude and 
phase differences of the measured perturbation data. In general the agreement between the measured and computed quantities 
is quite good especially considering that the overall magnitudes of the amplitude and phase differences were quite small. The 
resultant antenna radii and impedance values generally followed a well behaved pattern suggesting that we had not chanced on 
some unwanted local-minimal condition for the given frequencies. Work is still being done to incorporate these results into 
the reconstruction algorithm. 
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Figure 5. Calculated and measured amplitude and phase perturbation values while propagating from a single transmit to a single 
receive antenna in a 0.9% homogeneous saline medium between no extra antennas present and the entire array present, (a) 300 MHz, 
(b) 500 MHz, (c) 700 MHz. 

C. Solid Illumination Chamber 
Figure 6 shows a photograph of a solid illumination chamber having an inner bore diameter of 11.0 cm with an 

array of 16 monopole antennas embedded in it. The solid is constructed from PEMA loaded with finely ground carbon 
powder. For this sample the electrical properties were £r « 40 and G « 2.4 at 500 MHz. While not exactly the values of 
our saline bath it demonstrates the ability to manufacture high dielectric/high loss materials and is more than adequate in 
terms of electrically matching to biological tissue while maintaining a high attenuation coefficient. Issues such as achieving 
intimate contact between the antennas and the solid have been addressed and imaging experiments are currently being 
performed. 

Figure 6. A solid illumination chamber with an embedded array of 16 monopole antennas. 
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D. Thermal Imaging Results 

Figures 7 and 8 demonstrate the results of initial phantom imaging experiments. For this case, the background 
medium was 0.9% saline in which mere were two objects: (a) a 4.3 cm diameter bone/fat equivalent cylinder, and (b) a 6.0 
cm diameter carbon loaded PEMA cylinder with 0.9% saline flowing through it. The carbon shell had a relative dielectric 
constant of 40 and conductivity of 2.4 s/m at 500 MHz (the electrical properties for the 0.9% saline at 20°C were Er - 76 
and a = 1.8 s/m). For these tests the temperature of the flowing saline was set to various levels to ±0.1 °C accuracy. Figure 
7 shows the static image achieved at 500 MHz when the temperature of die saline in the cylinder was the same as that of the 
background. The image is interesting in that it does recover all of the relevant objects including the shell. In the real part of 
the image there is some blurring of the bone/fat cylinder and the carbon-loaded shell due to die relatively small separation of 
2.1 cm. This ability to image the material properties of objects within a high contrast shell has been demonstrated in earlier 
work and has many potential applications. As the temperature was varied for the subsequent reconstructed images, the only 
thing that should change is the electrical properties of the flowing saline (For mis case, the change with temperature for the 
real part of k2 is minimal with respect to die imaginary part and is not shown). Figure 8 shows the sequence of difference 
images for the imaginary part of k2 (the 20°C image was used as the baseline). For the most part, the backgrounds of the 
images are quite uniform except for the center of the cylinder which shows a progressive increase in conductivity with 
increased temperature. These images illustrate the system's ability to monitor the temperature dependent electrical properties 
while still recovering good images of high contrast, complex phantoms. 

Real (k2) Imaginary (k2) 

Figure 7. The real and imaginary parts of the k2 images recovered for a bone/fat cylinder and a carbon loaded PEMA cylinder with 
0.9% saline inside. 
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Figure 8. Difference images of the imaginary parts of k2 for exactly the same situation as shown in Figure 7 except that the pumped 
saline temperature is varied up to 45°C. 
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Figure 9. Difference images performed at 900 MHz of the imaginary parts of k2 for the case of an excised kidney that is being perfused 
with a 0.9% saline solution, varying in temperature from 20°C to 45°C (the 20°C image is used as the baseline). 
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Finally, Figure 9 shows difference images of the imaginary part of \P- performed at 900 MHz for an excised kidney 

which is being perfused with temperature varying, 0.9% saline solution (Here, again, the variations in the real part were 

insignificant with respect to the imaginary part and are not shown). These images illustrate a couple of interesting features. 

First, the 25°C-20°C image shows very minor heating; however, the area that is heated more or less shows the outline of the 

kidney (It should be noted that the kidney is positioned more or less vertically with respect to the imaging regions shown 

and that the heated saline solution enters and leaves from the center of the right side). The following three images clearly 

show two hot spots that may correspond to where the predominant flow is in the kidney. As the temperature reaches the 

maximum for these experiments, it appears that the bulk of the center of the kidney is heated to a high temperature and 

diminishes towards the periphery. 
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ABSTRACT 
The feasibility of real-time non-invasive spatio-temporal temperature estimation from pulse-echo diagnostic ultra- 
sound data has been previously demonstrated in stationary phantoms. The method is based on first estimating the 
axial shifts of the RF-echo data due to local changes in the speed of sound and thermal expansion in the propagating 
medium, and then differentiating these estimates along axial direction to obtain the temperature rise map. In a 
clinical setup, however, translation, rotation and deformation affect the estimates. In this paper we introduce an 
algorithm to compensate for tissue translation and uniform deformation along the axial and lateral directions of the 
ultrasonic imaging plane. This is achieved by separating the components of the time-shift map due to temperature 
rise (a local effect, occurring within the vicinity of the heated region) from the component due to translation and 
deformation (effect observed over a larger region). A rubber phantom experiment was designed where high intensity 
focused ultrasound was used to generate localized heating while motion was applied to the phantom and/or imaging 
transducer. Temperature profiles were successfully estimated while the phantom was translated by 30 mm and axially 
deformed by 13%. 

Keywords: Temperature estimation, motion compensation, ultrasound, image-guidance, medical imaging 

1. INTRODUCTION 

It has long been recognized that the lack of real-time non-invasive multidimensional temperature feedback is a major 
hindrance against the use of high intensity focused ultrasound (HIFU) for a range of deep localized thermothera- 
pies. Thermal imaging techniques based on magnetic resonance imaging,1 impedance tomography,2 microwave 
radiometry,3 and backscattered ultrasound45 have been suggested in the last few years. Each of these techniques 
has its particular advantages and limitations, however, motion imposes limitations for most of these non-invasive 
temperature imaging modalities, including magnetic resonance imaging and ultrasound. In the case of ultrasound, 
the data collection is inherently performed in real-time, so that the data collection itself is usually not affected by 
motion. However, the temperature estimates are computed based on the estimation of changes in the speckle pattern, 
by comparing frames collected prior to and after the therapeutic energy is delivered. Therefore, motion has to be 
tracked and compensated in order to obtain meaningful estimates of the temperature profile. 

A one-dimensional technique for non-invasive temperature estimation based on backscattered diagnostic ultra- 
sound was proposed in Refs. 4,6. The technique is based on the estimation of the axial time-shift observed in 
the ultrasound echo due to thermally induced local changes in the speed of sound and thermal expansion in the 
propagating medium. The time-shift estimates are differentiated along the axial direction and scaled to obtain the 
temperature estimates. In Refs. 5,7 the temperature estimation technique was modified to provide two-dimensional 
maps of the temperature profile. Although motion affects the temperature estimates obtained with this technique, 
as it is based on speckle tracking, most of the thermal images produced so far using this technique have assumed a 
motion-free environment.8-10 

The effect on the ultrasound echo introduced by local temperature changes is typically small when compared to 
the extent of motion that can occur in clinical settings. As an example, a temperature change of 5° C in a 5 mm 
diameter heated region in muscle tissue will cause the ultrasound echo to shift by only 30 ns, corresponding to an 
apparent shift of approximately 20 /im. On the other hand, if the imaging transducer is physically translated by 
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as little as 1 mm along its axial direction, the ultrasound echo will shift by 1300 ns, an effect almost two orders 
of magnitude larger than the thermal effect we are trying to measure. In Ref. 4 a method for compensating for 
axial translation, while estimating temperature changes along one dimension was considered. Axial translation was 
compensated by tracking the echo from a region where the temperature was known to remain constant. 

Meunier and Bertrand11 developed a theoretical model to predict the change in perceived ultrasound speckle 
pattern as the imaged object undergoes translation, rotation or deformation in the imaged plane. The echo was 
modeled as the convolution of the scattering structure in the object with the point spread function of the imaging 
system. Using this model to simulate the echo of objects undergoing motion, they confirmed the validity of their 
model. They have shown that most of the structure of the ultrasound echo is preserved when the object undergoes 
axial and lateral translations. In the case of temperature estimation, it is therefore possible to compensate for these 
by realigning the data. On the other hand, rotation and deformation induce interframe speckle decorrelation. In 
Ref. 11 it was shown that the decorrelation is proportional to the extent of the rotation and deformation. 

Speckle decorrelation due to axial deformation has been largely studied in ultrasound elasticity imaging.12 In 
this imaging modality, a reference frame of backscattered ultrasound RF-data is first collected. The interrogated 
object is then subjected to deformation, and a second frame is acquired. Speckle tracking is used to estimate the 
axial and lateral shifts, that are then used to obtain two-dimensional estimates of the local strain vectors and Young's 
modulus. It has been shown that speckle decorrelation is one of the factors limiting the elasticity signal to noise ratio 
achievable with such systems. In Ref. 12 it was shown that this limitation can be partly overcome if a sequence of 
frames is acquired while the deformation is applied and speckle tracking is performed between successive frames. This 
procedure reduces the overall error introduced by speckle decorrelation, as the cross-correlation between successive 
frames is typically high. This idea is utilized in this paper, where a sequence of frames is collected while the imaged 
object experiences heating, translation and deformation. 

Axial deformation also produces echo contraction or stretching, an effect that can inadvertently be interpreted as 
thermally induced change in the speed of sound, or thermal expansion in the medium. In order to account for axial 
deformation, we make the assumption that the elastic properties of the region of the medium undergoing deformation 
are homogeneous and the force creating deformation is homogeneous as well. In this case, we show that it is possible 
to separate the component of the axial shift due to deformation, an effect that occurs over a large region, from the 
thermal component, a local effect. 

2. TEMPERATURE ESTIMATION WITH MOTION COMPENSATION 

Temperature estimates obtained at a frame rate of one frame per second will typically suffice to capture the relatively 
slow thermal dynamics in tissue undergoing thermotherapy. At this frame rate, the interframe axial and lateral shifts 
caused by translation and deformation can typically achieve a few millimeters. Due to the relatively homogeneous 
texture seen in ultrasound images it is necessary to use rather large window sizes when performing correlation based 
motion tracking, so that each window encompasses a number of scattering centers. This reduces the occurrence of 
false peaks in the computed auto-correlation function. On the other hand, in order to obtain meaningful temperature 
estimates with good spatial resolution, it is necessary to have estimates of the axial shift on a fine spatial sampling 
grid,9  therefore smaller window sizes are desired. 

In this paper we suggest a three-step approach to meet both of these requirements. The first step consists of 
subdividing the 2-D data frame into large windows and then computing, for each window, a coarse estimate of the 
axial and lateral shifts introduced by translation and deformation. In a second step, smaller windows are used to 
obtain fine local estimates of the lateral and axial shift components on the order of the sampling period of the 
RF-data. The last step consists of estimating the lateral and axial shifts with sub-sample resolution. Lateral shifts 
are estimated by interpolating the normalized auto-correlation function along the lateral direction. Axial shifts are 
estimated from the phase information of the RF-signal along the axial direction. A detailed description of each step 
is provided in Appendix A. 

It is shown in Ref. 9 that, when the medium is not undergoing axial deformation, the spatial (axial) derivative of 
the axial shift estimates obtained from the procedure described above are linearly proportional to the local change 
in temperature in the propagating medium. However, if the medium experiences axial deformation between the 
acquisition of the reference echo data (performed at base-line initial temperature) and the acquisition of the echo 
data from which the temperature estimates are to be computed, the axial shift estimates will reflect the superposition 
of the effects due to axial deformation and local changes in temperature. It is therefore necessary to subtract the effect 
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Figure 1. Block diagram of the temperature estimation algorithm with motion compensation. 

caused by deformation prior to computing the temperature estimates. However an additional difficulty comes from 
the fact that the axial deformation is usually unknown, therefore a need to estimate this effect prior to compensation. 
To solve this problem, we make the assumption that the elastic properties in the medium undergoing deformation 
are spatially homogeneous, and we assume the force causing deformation to be spatially constant within a region of 
interest. In this case, the medium experiences uniform deformation, being constant over a relatively large region. 
On the other hand, the effect due to temperature change is typically very localized, being restricted to the region 
close to the focus of the HIFU field. In this case, by spatially low-pass filtering the estimates of the axial shift, it 
is possible to obtain an estimate of the component due to deformation. This component is then subtracted from 
the originally estimated axial shifts, the resulting quantity being differentiated along axial direction to obtain the 
temperature estimates. 

2.1. Periodic motion 

In a clinical environment, a significant component of the motion will have a periodic behavior, mostly due to cardiac 
and breathing cycles. In this case, it is possible to modify the algorithm in Fig. 1 to exploit this periodicity. A 
collection of reference frames is acquired prior to any heating (baseline temperature), corresponding to the different 
stages of the approximately periodic motion. After heating has started, whenever a new frame is acquired, it is 
first compared to the collection of reference frames, to determine the one that most closely resembles it. The axial 
and lateral shifts are then estimated using the speckle tracking algorithm described in appendix A with these two 
frames. The axial and lateral shifts will typically contain a residual component due to motion between the acquisition 
of the two frames, as well as information on the temperature change. The compensation method described in the 
previous section can be used to account for the effect introduced by the first component. Nevertheless, the amount 
of translation and deformation that has to be compensated between the frame for which the temperatures are being 
estimated and the reference frame is reduced. Furthermore, inhomogeneities in the elastic properties of the medium 
and in the force causing deformation, as well as rotation and out-of-plane motion are partially compensated using 
this approach. 

3. EXPERIMENTAL SETUP 

A combined imaging and therapy ultrasound system is shown in Fig. 2 and described in detail elsewhere.79 The 
therapeutic system uses a 1 MHz spherically shaped 1-D 64-element array transducer, and provides individual control 
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Figure 2. Experimental setup showing the dual ultrasound system and the two Cartesian positioning systems. 
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Figure 3. Vectors indicating the applied motion for each of the experiments. The double arrow in (b) indicates 
periodic motion of the phantom. 

of the amplitudes and phases of each element. The imaging system consists of an ATL UM9 ultrasound scanner that 
has been adapted to provide beamformed RF-data collection in real time. A 3.5-5.0 MHz linear array probe was used. 
The imaging transducer and the phantom were mounted on separate stepper-motor driven Cartesian manipulators 
used to create the motion patterns shown in Fig. 3. 

4. RESULTS 

A series of experiments was performed on a custom made rubber phantom9 to test the effectiveness of the algorithm 
described. 

4.1. Axial translation of the imaging transducer 

In the first experiment the imaging transducer was mechanically displaced along its axial direction at a constant speed 
of 1.5 mm/s (Fig 3(a)). Two-dimensional frames of beamformed RF-data were captured every 0.9 s, and processed 
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Figure 4. Temperature estimates obtained for a heating experiment where the imaging transducer was translated 
along its axial direction, as indicated in Fig. 3(a). 

off-line. The HIFU therapeutic beam (5 W) was switched on at 3.6 s and switched off at 17.1 s. Two-dimensional 
temperature profiles were estimated and overlayed to the corresponding gray-scale B-scan images. Fig. 4 shows the 
frames obtained at 0 s, 7 s, 14 s and 21 s. The top (dark) part of the first 3 frames corresponds to water, used to 
provide acoustical coupling between the phantom and the ultrasound systems. In the first frame, the phantom is at 
baseline temperature, 20 °C. At 7 s the temperature rise at the focus of the therapeutic beam starts to be seen. At 
14 s the temperature at the focus has increased. It can be seen that the algorithm correctly compensates for the axial 
translation, and tracks the apparent motion of the heated spot. At 21 s, corresponding to a total axial translation 
of approximately 30 mm, some artifacts start to be seen. These are caused by echo decollation due to changes in 
the point spread function of the imaging system, as the imaging transducer is axially translated. 

4.2. Axial and lateral translation of the object 

A situation that may occur more often during treatment of abdominal organs is motion of the tissue being treated 
with respect to the therapeutic and imaging transducers, instead of motion of the imaging transducer alone, as was 
considered in the previous section. In this case, even though the therapeutic beam is focused at a single location, 
an extended region could be inadvertently heated due to tissue motion during treatment. To illustrate how the non- 
invasive temperature estimation method developed in this paper can be used to detect this effect while the tissue is 
undergoing motion, an experiment was designed where periodic motion was applied to the phantom. 

The phantom was periodically translated along a 135° diagonal (axial-lateral), at the speed of 1.4 mm/s over 
a linear extension of 10.6 mm, as indicated in Fig. 3(b). Ultrasound frames of RF-data were collected every 0.9 s. 
Starting at 28 s, a therapeutic beam (7.5 W) focused at the geometric center of the HIFU transducer was applied. 
The temperature estimates overlayed to the gray-scale B-scan images corresponding to 34 s, 42 s, 50 s and 58 s are 
seen in Fig. 5. The frame at 34 s (corresponding to 6 s after the heating has started) starts to show a very weakly 
heated region, if compared to the frame at 7 s in Fig. 4, where the phantom was heated for only 3.4 s. Furthermore, 
the power of the therapeutic beam was 50% larger for the case shown in Fig. 5. This is in good agreement with the 
fact that the therapeutic power is being applied to an extended region, due to motion. The frames at 50 s and 58 s 
show a diagonally extended heated region, which is consistent with the applied periodic translation (Fig 3(b)). 

4.3. Deformation 

The two previous examples only involved translation. Linear motion in a plane can also include deformation and 
rotation. Both cause the ultrasound echo to decorrelate from one frame to the next, as shown in Ref. 11. Furthermore 
estimates of the axial shift sum the effects of both axial deformation and thermally induced axial shift, the latter 
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Figure 5. Temperature estimates obtained for a heating experiment where the phantom was periodically translated 
along a 135° diagonal, as indicated in Fig. 3(b). 
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Figure 6. Temperature estimates obtained for a heating experiment where the imaging transducer was translated 
in order to apply axial deformation to the phantom, as indicated in Fig. 3(c). 

used to measure temperature changes in the medium. The algorithm suggested in Fig. 1 can separate these two 
components, provided that the deformation is homogeneous. In order to test the algorithm in such a scenario, the 
setup in Fig. 2 was adapted so that the imaging transducer could apply linear deformation to the phantom along the 
imaging axial direction, as regularly performed in elasticity imaging.12 

The axial strain applied to the phantom was linearly increased from 0 to 13%, at a rate of 0.6%/s (Fig. 3(c)). 
The therapeutic beam (5 W) was switched on at 3.6 s. The estimated temperature images are shown in Fig. 6 for 
the frames obtained at 0 s, 7 s, 14 s and 21 s, corresponding respectively to 0%, 4%, 9% and 13% of applied axial 
strain. 

Figure 7(a) shows estimates of the cumulative axial shift for the A-line that passes through the center of the 
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Figure 7. Example of deformation compensation, (a) original axial shift estimates, including the thermal and 
deformation effects, (b) estimated thermal component after deformation compensation. Note that the two plots 
have different vertical scales. 

Figure 8. Temperature estimates obtained at 21 s in a heating experiment where the imaging transducer was 
translated in order to apply axial deformation to the phantom, as indicated in Fig. 3(d). (a) using the algorithm in 
Fig. 1. (b) using the algorithm described in Section 2.1, that assumes motion to be periodic. 

heated region, for the 9% strain case (14 s frame, Fig. 6). The axial shift due to temperature change is hardly seen in 
this plot, as the effect due to axial strain is dominant. Using the algorithm described in Section 2, the axial average 
strain component was removed. The remaining component, that corresponds to the thermal effect we are trying to 
estimate, is represented in Fig. 7(b). The positive slope at 50 mm corresponds to the local change in temperature 
in the heated region. It is seen from Figs. 6 and 7 that the compensation algorithm is capable of separating the two 
components of the axial shift in this example. 

A second experiment was performed using the setup configuration previously described, where the applied axial 
strain was increased from 0% to 25% at a rate of 1.2%/s (Fig. 3(d)). The remaining experimental parameters were 
unchanged. The temperature image obtained at 21 s (corresponding to 25% strain) is shown in Fig. 8(a). In this case, 
the interframe speckle decorrelation became more significant, due to the increase in average strain. The cumulative 
error introduced by speckle decorrelation in the estimates of the axial shift was dominant with respect to the thermal 
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effect, corrupting the temperature estimates as seen in Fig. 8(a). 

As described in Section 2.1, if the motion is periodic, it is possible to acquire a collection of reference frames, 
and estimate the temperature at a given time using the current frame and the reference frame that most closely 
resembles it. In order to illustrate this, a collection of reference frames was acquired for the 25% strain experiment, 
prior to the actual heating experiment described in the previous paragraph. Therefore, during the acquisition of 
reference frames, the temperature in the phantom was constant, the phantom being imaged while the deformation 
was applied. The external force used to deform the phantom was then removed, and the phantom returned to its 
undeformed shape. The actual heating experiment described in the previous paragraph was then performed. 

The interframe speckle tracking algorithm described in appendix A was used to estimate the axial and lateral 
shift between the frame represented in Fig. 8(a) and the corresponding frame from the collection of reference frames. 
The temperature image obtained in this way is shown in Fig. 8(b). It is seen that the temperature profile could be 
reliably estimated in this case. 

5. DISCUSSION 

Rotation of the imaged object also affects the ultrasound echo. It is shown in Ref. 11 that rotation in the imaged 
plane, similarly to deformation, causes speckle decorrelation. It is expected that the algorithm presented in this 
paper will be able to partially compensate for this effect, however this has not been tested. Such compensation 
would be obtained by acquiring a sequence of frames and computing interframe shifts, that are then accumulated. 
This same principle was shown to be effective in reducing speckle decorrelation due to deformation. 

In this paper we only considered motion in the imaged plane. However, in a clinical application, motion in 
the elevation direction will also be present. It is known that motion in the elevation direction will cause speckle 
decorrelation, limiting the performance of the temperature estimation technique. If the motion is periodic, it is 
possible to partially compensate for it by synchronizing the temperature estimation with a collection of reference 
frames, as described in Section 2.1. 

The spatial accuracy achievable with the temperature estimation technique described is limited by a thermo- 
acoustic lens effect, as discussed in detail in Refs. 8-10. Briefly, local changes in the speed of sound introduced by 
the change in temperature act like aberrators to the imaging system, causing the echo from regions behind heated 
spots to decorrelate. This creates ripple in the temperature estimates obtained in these regions. In Ref. 9 it is shown 
how a bandlimited spatial filter can be used to control the tradeoff between ripple and achievable spatial resolution. 

The technique used to compensate for deformation relies on the homogeneity of the deformation force and elastic 
properties in the medium. If the medium is inhomogeneous, the estimates of the axial shift will contain information on 
local elastic properties of the medium. However, the algorithm described cannot differentiate between this information 
and thermally induced axial shifts. Furthermore, the compensation technique is based on the assumption that only a 
localized region is being heated, which holds for highly focused therapeutic beams over short periods of time. On the 
other hand, if large volumes are heated, either by scanned or unfocused therapeutic beams or by thermal conduction, 
the compensation technique has to be modified. 

5.1. Temperature estimates in a 3-D volume 
The algorithm described in Section 2.1 can easily be modified to obtain temperature estimates in a 3-D volume, 
in the case of non-moving objects. To illustrate this, the imaging transducer was mechanically scanned along its 
elevation direction at the speed of 2 mm/s (Fig. 3(e)). A collection of 90 reference frames was acquired at the rate 
of 6 frames per second while scanning the imaging transducer. The imaging transducer was returned to its original 
position, and a quickly scanned double focus pattern was used to heat the phantom for 1.5 s. A new scan of the 
imaging transducer was performed, acquiring another collection of 90 frames. 

The temperature profile at each imaged plane was estimated using the algorithm described in Section 2.1 be- 
tween the frame collected after heating and its corresponding reference frame. This way, temperature estimates in a 
65x38x30 mm3 volume were obtained . Temperature estimates obtained for the plane scanned by the HIFU trans- 
ducer (therefore transversal to the imaged planes) are shown in Fig. 9(a), where each contour line corresponds to a 
temperature change of 1 °C. Figure 9(b) shows a crude estimate of the predicted temperature profile in the phantom, 
obtained by spatially smoothing the simulated HIFU acoustic intensity used to heat the phantom. A 3.7x3.7 mm2 

moving average spatial filter was used to smooth the acoustic intensity, partially accounting for thermal conduction 
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Figure 9. (a) Temperature estimates at a plane transversal to the imaging plane, (b) Simulated profile of the 
temperature distribution. 

in the phantom as well as the spatially bandlimited characteristic of the temperature estimation method. It is seen 
that the temperature estimates in Fig. 9(a) strongly resemble the simulated HIFU heating pattern. 

6. CONCLUSION 

A method capable of non-invasively estimating temperature changes while the medium undergoes planar translation 
and deformation was presented and successfully tested in a tissue-mimicking phantom. Rotation and out-of-plane 
motion were not considered in this preliminary study, however these should be studied and solved prior to application 
of this technique in the clinic. Periodicity in motion and deformation can be exploited to minimize the effects of 
speckle decorrelation on the compensation schemes. Finally, further development is needed to account for spatially 
varying motion and deformation models encountered in clinical situations. 

APPENDIX A. ALGORITHM FOR AXIAL AND LATERAL SHIFT ESTIMATION 

In this appendix we describe the steps used to estimate the interframe lateral and axial shifts experienced by the 
speckle structure at location (m, n) from frame « - 1 to frame s, where m and n are the indices of the sampled data 
along the axial and lateral directions, respectively. 

Let r(m, n, s) represent the discrete-time sampled RF-echo data. The Hilbert transform of the signal, the analytic 
signal and the envelope detected signal are, respectively, given by13: 

r(m,n,s) = r(m,n,s)*h(m), (1) 

r(m, n, s) = r(m, n, *) - jf(m, n, s), (2) 

f(m,n,s) = \r(m,n,s)\, (3) 

where * denotes convolution, | • | denotes absolute value, h(m) is the 1-D FIR Hilbert Transformer and j = \/-T- 

Let us define the function: 

%-i     9.-1 
1>n,M,(mtn;q,l) =     J2        H    r(m + m',n + n',s1)r(m + m' + q,n + n' + l,s7), (4) 

m' = — -j*- n'=—j*- 
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where M\ and N\ are the (large) window sizes in the first step of the algorithm. The normalized auto-correlation of 
the envelope detected data is then computed by: 

-/ A      ^-M(m,n;g,/)  ,,, p(m, n; q, I) =     . =■ (5) 
T/V»-I,»-I("I.

n;0,0) • i>Sl,(m + q,n + l;0,0) 

The first estimate of the axial and lateral shifts will be given by the lag (qi, l\) that maximizes the quantity p(m, n; q, I) 
within the search region given by |g| < Qi, \l\ < L\. 

In the second step this estimate is refined, by using a smaller window size (M2, N2), and searching in a smaller 
region around the lag (qi,h) obtained above. Furthermore, the analytic signal is used in this case. Let us define the 
function: 

<pSuS2(m,n;q,l) =     ^        ^    f(m + m',n + n',Si) • r*(m + m' + q,n + ri + l,s2), (6) 
„,'=_»£* „<=_££i 

where the superscript * denotes complex conjugation. The normalized auto-correlation of the analytic signal is given 
by: 

., n     y«-i,.("*,";g.Q  m p(m,n;q,l) = ,,==;■ (?) 
^(ps-it,-i(m, n; 0,0) • ¥>s,«(m + g, n + /; 0,0) 

The refined estimate of the axial and lateral shifts is the lag (92, '2) that maximizes \p(m, n\ q, l)\ within the confined 
search region \q - qi\ < Q2, \l - h\ < L2- 

In order to obtain sub-sample estimates of the lateral shift, a 2nd order polynomial is fit to |/3(m, n; q2, h + i)\, 
i £ — 1,0, +1. The lag of the peak of the fitted polynomial is used as the final estimate of the lateral shift, J3. 

For the axial direction it is possible to make use of the phase information present in the backscattered echo signal. 
Let /3 and I3 be the nearest integers to I3 when rounded towards —00 and +00, respectively. The sub-sample estimate 
of the axial shift at lateral lag /3 is then computed by: 

2Z/5(m,n;92,/3) 
— lp(m,n;q2 + 1,13) - lp(m,n;q7-l,l_3) 

where Z is the angle operator. The sub-sample estimate of the axial shift at lateral lag ^3, 5a, is computed in a similar 
way. The final estimate of the axial shift, 93 is computed using a weighted average: 

«3 = S3-(J3-/s) + 33-(J3-fe). (9) 
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ABSTRACT 
Electrical properties of tissues in the lOKHz to 10MHz range are known to be temperature sensitive making the monitoring 
and assessment of thermal insult delivered for therapeutic purposes possible through imaging schemes which spatially resolve 
these changes. We have been developing electrical impedance imaging technology from both the hardware data acquisition 
and software image reconstruction perspectives in order to realize the capability of spectroscopically examining the electrical 
property response of tissues undergoing hyperthermia therapy. Results from simulations, in vitro phantom experiments and 
in vivo studies including in human patients are presented. Specifically, a new prototype multi-frequency data acquisition 
system which is functional to 1MHz in both voltage and current modes is described. In addition, recent advances in image 
reconstruction methods which include the enhancement techniques of total variation minimization, dual meshing and spatial 
filtering are discussed. It is also clear that the electrical impedance spectrum of tissue has the potential to monitor other types 
of treatment-induced injury. Preliminary in vivo electrical impedance measurements in a rat leg model suggest that the tissue 
damage from radiation therapy can be tracked with this technique. Both dose and time-dependent responses have been 
observed in the electrical impedance data when compared to measurements recorded in an untreated control. Correlations with 
histological examination have also been performed and indicate that electrical impedance spectroscopy may provide unique 
information regarding tissue functional status and cellular morphology. Representative results from these studies are reported. 

Keywords: electrical impedance imaging, electrical impedance spectroscopy, thermal imaging, tissue damage assessment 

1. INTRODUCTION 
Electrical impedance tomography (EIT) or spectroscopy OEttS) involves the injection of low frequency electric 

currents, typically over the range lOKHz to 10MHz, and measurement of the subsequent potential distribution that develops 
at a discrete set of electrodes positioned on the skin surface. The electrical properties, represented through bulk media 
parameters, the electrical conductivity and electrical permittivity, are tissue and frequency dependent; hence, the imaging 
problem becomes one of determining the electrical property distribution (i.e. conductivity and permittivity) which is needed 
to sustain the measured voltage distribution subject to the applied currents. Because the excitation frequencies are relatively 
low, direct or conducting medium contact is required. However, data acquisition is relatively simple and can generally be 
realized through low cost, off-the-shelf integrated circuit components. This is a potentially major advantage of the technique: 
that it is inexpensive to develop, portable, safe and easy to use. 

Electrical impedance imaging is under investigation as a noninvasive method of monitoring subsurface temperature 
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distributions and/or associated cellular response during thermal therapy or other forms of treatment which cause a progression 
in tissue injury such as radiation therapy'-6. Imaging the thermal response in terms of estimating tissue temperature is based 
on the observation that the electrical properties of tissue, most notably the electrical conductivity, vary with temperature on 
the order of 2%/*C7. Laboratory studies involving tissue equivalent phantoms having this level of linear electrical 
conductivity variation with temperature have confirmed that temperature sensing to within 1 "C or better over regions relevant 
to clinical treatment are possible*. In addition, some in vivo results in animal and human subjects have appeared which 
suggest that the technique is viable in the clinical setting2-9. 

However, carefully controlled experiments in mouse tumor systems have demonstrated that temperature effects on the 
conductivity change occur during the onset of temperature rise in tissue but diminish in importance giving way to cellular- 
based changes in electrical impedance resulting from hyperthermia-induced cytotoxicity3. Spectroscopic response has been 
found to be essential in separating these temporal events. In feet, it now appears that the most promising utilization of EIS 
imaging will be as a marker of thermal therapy insult rather than as a direct temperature probe. Further, this concept of 
exploiting the electrical impedance signature of tissues as a measure of tissue injury is extendible to other forms of treatment. 
The emerging results of Osterman et al. are the first evidence which supports the notion that the ability of EIS to follow the 
progression of tissue injury from thermal insult can be generalized to other types of therapies. 

As a result, there is considerable rational for exploring and developing electrical impedance imaging. There are 
basically three aspects to realizing an EIS or EIT system. First, some measurements of tissue electrical response to a 
controlled stimulus (e.g. current injection) need to be acquired in a region of interest; that is, some form of data acquisition 
hardware is required. Second, an image must be formed from the measurements. In EIS imaging, the raw data cannot be used 
directly to create an image; ramer, model-based image reconstruction is needed to extract the conductivity distribution from 
the measured observations. Hence, advanced computational methods are an essential ingredient for successful EIS imaging. 
Third, electrical property imaging requires the integration of the hardware and software (image recovery) systems as a single 
functioning entity. This is not a trivial matter in that issues of data calibration and data-model match become critical. 

In this paper, we will explore our recent progress on mere fronts. In particular, advances in realizing a new, dual 
mode (current or voltage excitation), multi-channel, multi-frequency hardware system will be described. Recent progress in 
developing multi-component objective function imaging which incorporates the image enhancement schemes of total 
variation minimization, dual meshing and spatial filtering will be discussed and samples of image reconstruction performance 
will be provided. Examples of thermal imaging simulations and experiments in phantom and human subjects will be 
presented. New data suggesting the general role for EIS imaging in the monitoring of the progression of tissue injury will be 
highlighted from radiation therapy experiments in rodent muscle. 

2. DATA ACQUISITION SYSTEM 
Recent literature describes a number of EIT hardware systems which have focused on various aspects of 

instrumentation design. Koukourlis et al.10 constructed a 32-electrode, 25 KHz system with an emphasis on data 
acquisition techniques. Smith et. al." realized a 16-electrode, 20 KHz instrument where the design effort targeted achieving 
real-time imaging speeds. Cook et al.12 developed a 32-electrode, 30 KHz system with the goal of real-time imaging with 
true 16-bit measurement precision. 

Our approach represents a departure from these design strategies in mat we have sought to produce a multi-frequency 
instrument with both high analog bandwidth and 16-bit measurement precision. In addition, we have incorporated the 
concept of dual mode operation whereby either an impressed current or applied voltage can be sustained at the stimulating 
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electrodes. An overview block diagram of the system is illustrated in Figure 1. We have incorporated high-quality 
commercial products where possible to achieve certain instrumentation functionality. For example, waveform generation and 
16-bit data acquisition are performed through PC cards purchased from commercial vendors. The modular EIS circuit boards 
then rely on analog electronics to distribute the input waveform (in either current or voltage mode) over a number of channels 
and digital circuitry to multiplex the corresponding output measurements. 

Computer EIS Boards Imaging Target 

Waveform Generator 

Digital ITO 

Data Acquisition 

i 

Analog Circuitry 

Digital Control Circuitry 

Readback Network 

Analog Circuitry 

Digital Control Circuitry 

Readback Network 

(addl boards) 

Figure 1: EIS system overview 

The EIS circuit boards represent a new electronic design implemented on a 9" x 12.5" four-layer printed circuit card which 
fits directly into standard 9U sub-rack assemblies with a custom backplane. The four-layer design permits dedicated copper 
layers for ground and powder. This minimizes lead lengths for bypass capacitors and ensures minimal return paths for 
ground currents which maintain the low self-inductance essential to the proper performance of high bandwidth analog 
components. Digital and analog power planes are physically separated to reduce noise. 

A 32-bit digital bus controls the EIS system from a PC using a standard digital I/O card. The digital board 
selection scheme permits use of an arbitrary number of EIS boards expandable up to 128 or 1024 output channels. The board 
select function shown in Figure 2 is an 8-bit comparison of an on-board DIP switch selection with an 8-bit word on the 
digital I/O bus. Once a specific EIS board is selected, inputs to that board are enabled through line drivers with further signal 
decoding to specify functions and scaling for each output channel. Data acquisition read-back multiplexing operates from the 
same switching network to permit measurements for an arbitrary number of electrodes using a single, two-channel A/D card. 
While the digital I/O hardware and software drivers have yet to be optimized, the EIS board's high-speed switching networks 
should allow optimal current pattern acquisition times under 100 ms for a 32-electrode implementation (assuming 100 data 
points are collected for each measurement). 
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Figure 2: Digital system functional overview 
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The analog system was designed to accurately distribute the driving signal over a large number of channels. Figure 
3 illustrates a functional diagram of the analog architecture used for each output channel. An analog multiplier scales the 
input waveform at each channel by multiplication with a DC value stored in a 12-bit DAC. This scaled signal is then 
converted to a voltage or current depending on the mode of operation selected. Measurements are achieved through a buffered 
read-back network under digital control. The voltage source is an op-amp configured for noninverting gain with external 
trimming to guarantee DC offsets in the applied signal smaller than 125pV. The current source is a transconductance 
amplifier. Although strict component tolerance is maintained, a final system wide digital calibration ensures accurate 
specification of output signal magnitude within the DACs 12-bit resolution. 

Figure 3: Analog system functional overview 

High performance is required from the analog multiplier, the voltage source, and the current source. The multiplier 
is Burr-Brown's MPY600 which offers high-bandwidth, good linearity and relatively low harmonic distortion. For a voltage 
source, we have used Analog Device's AD817, a high-bandwidth, low-offset op-amp capable of driving the capacitive loads 
typical in an EIS imaging environment. For a current source, we are presently using Burr-Brown's OPA2662 as a high 
bandwidth, high current output, transconductance amplifier. However, the OPA2662 has very low output impedance (4.5 
kß// 6.5pF) and requires active digital trimming to maintain accurate applied signals. The OPA2662 also exhibits a 
significant DC off-set which is removed with additional external analog circuitry (a feedback inverting integrator). Other 
current sources are under investigation such as Harris's CA3280 which will limit peak output current to a few milliamperes 
but offers the high output impedance (>63 MCI// 7.5 pF) required for 16-bh resolution. 

In order to capture phase information, voltage and current are sampled simultaneously for each channel. The results 
are converted to magnitude and phase by evaluating the discrete transform of the time domain sample set at the driving 
frequency (phase sensitive detection). A 32-channel implementation of this system has been realized and evaluated in terms 
of a number of performance criteria. Figure 4 shows of photographs of the present system which is currently being tested in 
tank experiments with physiological saline. The performance evaluation is summarized and compared to other recently 
described systems in Table 1. 

Figure 4: Current 32-channel EIS system realization: rack-mounted circuit boards (left), custom backplane (right) 
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SPECIFICATION RESEARCH GROUP UNITS 
RPI (1994) Sheffield  (1995) Thayer (1998) 

OUTPUT 
Output Channels 32 16 8-1024 
Operating   Frequency 30 20 0.1-1500 kHz 
Frequency   Scaling n/a n/a 1.2 kHz 
Peak Output Current 0.5 2.5 75 mA 
Output  Scaling 12-bit 12-bit 12-bit full scale 
Phase Coherence 0.01 2 0.05 % 
THD 

2nd harm n/a n/a -70 dB 
3rd harm n/a n/a -50 dB 
4th harm. n/a n/a -80 dB 

DATA ACQUISITION 
Frame Rate 7.5 25 0.22 images/s 
SNR 104 65 90 dB 
Digital   Precision 16 n/a 16 bits 
Absolute  Accuracy 99.5 99.9 % 
Data Acauistion Bandwidth n/a n/a 1.5 MHz 

Table 1: EIT system performance comparison: RPI12, Sheffield11 

3. RECONSTRUCTION ALGORITHM 
We are using a finite element based approach to simultaneously recover both the real and reactive components of the 

electrical property profile. It consists of a multi-component objective function method which minimizes the difference 
between a series of measurements and values computed from a computational model by determining the best-fit electrical 
property distribution that reproduces the measured data given the applied excitation. Key to this approach has been the 
identification of three image enhancement strategies: (1) total variation minimization (2) dual meshing, and (3) spatial low- 
pass filtering. Recent results13 demonstrate a number of important findings including more than an order of magnitude 
increase in the tolerable noise level (more than 1%) relative to earlier algorithms. These findings also suggest the possibility 
of achieving absolute image reconstruction with quantitative recovery of the tissue electrical properties. 

In the low frequency case, the electric potential within the body can be described by the generalized form of Laplace's 
equation 

V(<T-iö)e)VO = 0 

where o is the electrical conductivity, e is the permittivity, <u is the angular frequency of the applied currents, / is the square 
root of-1, and 4> is the resulting electrical potential. The potential distribution is driven by an enforced current density 
distribution on the body surface at the electrode sites such that 

/•~    -,„\~ V7A    [Si-'*     on the electrode (a-icoe)n.^ = \    -Q        elsewhere 

where h is the outward-pointing normal direction on the body surface and Jin is the applied current density. 

The reconstruction algorithm adopts a nonlinear optimization approach which minimizes the sum of the difference 
between a set of observed and calculated potentials at a finite number of surface electrodes, L, for a fixed number of applied 
current patterns, M, and the total variation of the electrical property distribution estimation written as 

F(^,a,(oe) = S(«? - <&<)(<£? - <^)* + / (wff
2|Vof + W/|Ve| 
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where <P, and <I>' are the observed and calculated potentials at the electrode sites; Wa, Wt and y are typically small 
positive parameters which are determined empirically, and <> indicates integration over the image. The second term in F 
represents the total variation contribution to die minimization process which measures the oscillations in the property 
functions and does not unduly filter (i.e. smooth) discontinuities. 

The minimization of F proceeds by differentiation with respect to each of the discrete parameters that comprise the a 
and coe distributions and simultaneously setting all of these relationships to zero. This nonlinear system of equations can 
then be solved with Newton's method using a regularized iteration 

(27r7 + /?+A/)AX = 2JT(4>0-V)-V 

where AX is the change in property distribution vector, J is an L • M X K matrix composed of the derivatives of <b° with 
respect to each of the K parameters forming the electrical property distribution, R is a K X K matrix having the derivatives 
of the total variation term, V, differentiated and distributed as 

R = 

da j dcXj 

The dual meshing concept14 defines arbitrarily overlapping but separate meshes each having its own sampling rate. 
This provides a fine mesh for accurate potential solution and a courser mesh for representing the electrical property 
distribution, the combination of which maintains the integrity of image formation while reducing overall problem size and 
associated computational costs along with the amount of measured data that may be needed for image reconstruction. Spatial 
low-pass filtering is applied during each Newton method iteration as an averaging of the evolving a and coe values at each 
node with those of the neighboring nodes in a manner whereby the influence of the surrounding nodal values can be 
systematically controlled. 

Figure 5: Electrical property image reconstructions for a two region problem in the presence of 1% noise 
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As an example of the image reconstruction performance attained with this approach, Figure 5 is included. In this 
case a two-region distribution with 2:1 and 1:2 property contrasts (ratio of background to target zone) in the conductivity and 
permittivity is considered. Sixteen surface electrodes have been used and a measurement noise level of 1% has been assumed. 
The images shown on the left in Figure 5 represent different combinations of property contrast with the background for the 
conductivity and permittivity. They are spatially and property-value accurate. The right-side of Figure 5 demonstrates this 
point by presenting profiles of the exact and recovered electrical property distributions for these images along a horizontal 
transect. A study of image errors for a number of similar imaging experiments has been performed as a function of noise level 
from 0-10%. Errors are determined as averages taken over the target zone and the background for several different property 
contrast arrangements. The results are impressive and illustrate that property values can be reconstructed to within 10-20% of 
their true values in most cases for noise levels as high as 5% or more. 

More complex electrical property distributions are recovered in Figure 6 with the concomitant quantitative 
comparison also shown as a function of angle at a fixed radius (equal to one-half the maximum radius of the image region). 
Here, the electrical properties, both conductivity and permittivity, are continuously varying throughout the imaging domain 
with G=0.01coe or a=0.001©e. Again, the fidelity of the images, both spatially and with respect to property values, is 
encouraging. 
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Figure 6: Electrical property images for a continuous distribution in the presence of 1% and 5% noise levels 

4. THERMAL IMAGING 
Thermal imaging experiments have been conducted based on simulations, phantoms and in vivo studies. 

Representative examples are presented in this section. On the simulation front, the most complex cases we have considered 
are those involving a CT-based pelvic tumor model where noninvasive heating by an external phased array applicator is 
modeled. The resulting temperature distribution is superimposed on the electrical property profile which is then adjusted 
continuously at the nominal rate of 2%/°C. Figure 7 presents difference images (between normothermic and hyperthermic 
conditions) as information that can be interpreted as thermal reconstructions. Figure 7 also shows transects through the 
tumor and surrounding tissue region which compare reconstructed change in electrical conductivity with exact values. 
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Figure 7: Thermal imaging simulations in a CT-scan model with and without apriori knowledge. Difference images are presented 
on the left (top image is exact, middle image without apriori knowledge, bottom image with priors) and corresponding 
vertical (top plot) and horizontal (bottom plot) transects on the right with (dash-dot line) and without (dashed line) 
priors compared to the exact distribution (solid line). 

In die first reconstruction of Figure 7, no apriori information has been assumed about the initial electrical property 
distribution and noise levels of 1% have been imposed on the measurement data. Analysis of the track data in Figure 7 
(right) reveals that the average temperature error is 1.2' C for this case with a maximum error of 3.4* C occurring along the 
horizontal transect (bottom plot). In thermal therapy delivery, pretreament image data is often available; hence, it is of 
interest to study the level of thermal imaging improvement that might be anticipated {{apriori anatomical information were 
incorporated into the image reconstruction process. The second result in Figure 7 (bottom image) illustrates the case when 
the starting anatomy is known, but the initial estimates of the electrical properties are uncertain to ± 25%. Under these 
assumptions track data analysis (Figure 7, right: dash-dot line) shows that the average temperature error is improved to 0.66* 
C with a maximum error of less than 2* C. 

In vivo experimental results have also been produced in both animals and human subjects. Photographs of 
representative situations are shown in Figure 8. In the animal experiment illustrated, the heating takes place on the thigh and 
is accomplished with a microwave spiral antenna operating at 433 MHz. A 32-electrode array arranged in a circumferential 
geometry is used to drive current and measure voltage. Electrodes were constructed using wet-etch printed circuit board 
techniques and were custom-sized based on pretreatment anatomical measurements. Temperature data was recorded along 
eight subsurface tracks with fiberoptic probes that were manually translated back and forth inside of catheters in 5 mm 
increments. The clinical case presented in Figure 8 consisted of a scalp tumor which was also heated with a 433 MHz 
microwave spiral applicator. The electrodes were designed to lie flat on the scalp in a co-planar configuration in order to be 
positioned around the lesion. 32 electrodes were incorporated into a flexible array which was wet-etched on a thin polyimide 
sheet to produce the required circuit pattern as in the animal experiments. Temperature data was recorded along two parallel 
tracks through the tumor region every 2-3 minutes during the course of the therapy session and for several minutes at the end 
of treatment once power to the heating applicator had been turned off. 
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Figure 8: Photographs of typical in vivo imaging experiments: animal subject (left), human subject (right) 

Typical results from this type of clinical heating are presented in Figure 9. Figure 9 (top) shows reconstructed 
difference images over the time course of heating (including after power had been terminated). There is a clear progression of 
heating, then cooling which takes place as evidenced by a recovered increase, then decrease in electrical conductivity relative 
to baseline conditions. The areas of maximal change in conductivity also correlated to regions of highest measured 
temperature during most of the treatment. If an assumed relationship between conductivity change and temperature rise in 
tissue is taken and the image conductivity maps are translated into temperature estimates using this assumed temperature 
coefficient, direct comparisons can be made, as illustrated in the bottom portion of Figure 9, between the images and actual 

(a) 12 minutes; (b) 20 minutes; (c) 45 minutes; (d) - 6 minutes 

Meas: 4 min. 

Meas: 61 mln. 

Recon: 4 min. 

Rocon: 61 min. 
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- -4» - Recon: 61 min. 

Figure 9: Difference images (top) recovered during the course of treatment at the time point indicated. Increasing temperature 
corresponds to conductivity increases presented as darker areas in the images. Comparison (bottom) of measured 
temperature values with predicted estimates along two catheter tracks in a tumor at early and late treatment time-points. 
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temperature measurements. Analysis of data such as that in Figure 9 has demonstrated that temperature accuracies have been 
approximately, 1.3* C on average, although maximum deviations can be 10* C or more. Figure 9 shows that general trends 
are determinable from the images; however, there are places where increasing conductivity did not translate into increasing 
temperature, especially at later time-points during treatment 

These results suggest that permanent change may have taken place in the heated tissue which are responsible for 
nonlinear behavior in the conductivity change that has been imaged. Cool down data also supports this hypothesis as the 
images produced some time after power is turned off (see Figure 9, for example) have conductivity distributions that do not 
return to their starting distribution (i.e., at the beginning of treatment) and the largest deviations from baseline correlate with 
those areas which sustained the most thermal dose. Data in the literature in mouse tumor models3 also demonstrates the 
concept that linear variation in conductivity with temperature occurs during an initial heat-up phase in tissue, but gives way 
to nonlinear behavior as the amount of tissue injury from thermal exposure progresses during treatment. The idea that EIT 

imaging could follow this type of tissue injury progression due to thermal insult is intriguing and potentially more important 
and/or useful than monitoring temperature change which is, in essence, an indirect vehicle for estimating the thermal dose 
delivered to tissue. 

5. TISSUE INJURY MONITORING 
We have also been pursuing the notion that electrical impedance signatures can serve as indicators of the progression 

of tissue injury in other treatment settings, in particular, radiotherapy. The frequency response is critical in this regard. To 
illustrate this concept, we show some sample results from a study where we have used in vivo EIS to evaluate the progression 
of injury in irradiated muscle tissue. Since normal tissue is always in the radiation field and its response limits the dose that 
can be delivered, if the architectural integrity of the treatment site could be accurately assessed, the success rates of radiation 
therapy would likely increase. 

Each EIS data set consists of fifty complex impedance values measured from 1 KHz to 1 MHz. Readings were 
obtained at 50 frequencies using a PC interfaced with a precision LCR meter. Two electrodes, mounted on the parallel arms 
of a caliper, applied a 0.15 mA current and measured the subsequent voltage. Recessed, 8 mm diameter platinized stainless 
steel and solid matrix Ag-AgCl electrodes were used. The cavities of these electrodes were filled with electrode gel and 
residual polarization impedances were calibrated by shorting the electrode pairs across the gel. 

Animal hind legs were exposed to single does of 70, 90 and 150 Gy and followed over a 3-5 month period with 
measurements performed monthly. The impedance spectra obtained indicate that there are both dose and time dependent 
responses occurring in the tissue. Figures 9-10 illustrate representative effects. Initial shifts are most pronounced in the low 
frequency resistive component of the EIS signature, a change typically associated with edema or cell shrinkage. At later 
times and increasing doses, the tissue conductivity continues to increase and there is a significant shift in the dispersion 
frequency known to relate to cell membrane integrity. 

•70Gy-lrrad««d 
• 70Gy-ramul 
kSOGy-lrmM*d 
fcSOGy-nomMl 
• 150Gy-lrradU«d 
0 ISO Gy - norm* 

""«ftf 
(OtlflM* 

FigurelO: Average impedance spectra from data collected 2 months post irradiation. Sixteen measurement sets averaged; 
error bars are one standard deviation 
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A histological grading system has been developed for independent quantification of damage. Four criterion: 
interstitial edema, interstitial fibrosis, muscle necrosis, and vascular damage have been evaluated. A score was assigned 
based on the most severe changes present in three or more 25x magnification fields with zero indicating a healthy appearance 
and three indicating greatest degree of change for a total possible score of twelve. All samples were scored in a single sitting 
without knowledge of radiation levels or sacrifice times. Representative results are presented in Table 2. 
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Figure 11: Time dependent response in EIS signature post radiation exposure at 70 Gy 

Doses (Gy) Vascular Muscle Interstitial Interstitial Total Score 
Damage Damage Inflammation/Edema Fibrosis 

70 1.0 1.0 1.0 0 3.0 
90 1.5 1.5 2.5 1.5 6.0 
150 2.0 2.0 2.5 2.0 8.5 

control 0 0 0.5 0.5 1.0 
Table 2. Histopathological Scoring of Irradiated Muscle Tissue 2 months Post-Irradiation 

Minimal injury is seen at the earlier times and lower doses. For example, 70 Gy at one month received a score of 
one while 70 Gy at two months attained a score of three. A progression of necrosis and vascular damage is observed as dose 
increases and post-irradiation time lengthens. In this regard, 70 Gy at three months received a score of nine. The dose/time 
trends seen with EIS, as illustrated in Figures 9-10, track those in the histological assessment (Table 2) and suggest that EIS 
has the potential to noninvasively monitor injury in irradiated tissue. 
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ABSTRACT 

Ablation of the endometrium has become a viable treatment for dysfunctional bleeding of the uterus in women. Surgical 
applications of thermal ablation utilized a rolling electrode to ablate the inner uterine lining, but required practiced surgical 
skills and made it difficult to assess subsurface damage. Recently, various energy systems have been applied to the 
endometrium such as lasers, microwaves, RF electrodes, hot water balloons, and cryotherapy. A finite element model is 
presented to compare a multi-electrode, multiplexed RF device with a balloon containing hot fluid. The temperature fields in 
the uterine wall are plotted over time for various blood flow values. Assumptions of constant electrical conductivity are 
compared to temperature-dependent electrical conductivity. Temperatures are shown to be a maximum of about 10-20°C 
higher when varying electrical conductivity is used. Results are also shown for cases with a 2 mm blood vessel in the field 
and how each device adjusts its operation to compensate for this heat sink. Damage integral results will be shown according 
to the time and temperature of the treatments. 

Keywords: finite element model, radio frequency, endometrial ablation, uterus, dysfunctional bleeding 

1. INTRODUCTION 

Dysfunctional uterine bleeding has been a common problem for women throughout the world. The choices for women are 
limited: hysterectomy or removal of the uterus, medical treatment that induces a peri-menopausal state, or living with the 
discomfort. The bleeding originates in the endometrium, the inner layer of the uterus. If proper transcervical access is 
attained using small endoscopes (hysteroscopes), the endometrium becomes accessible. A recent surgical treatment 
performed under video guidance has been to apply radiofrequency (RF) energy to a rolling ball for ablation of the 
endometrium. By ablating the endometrium, it is possible to stop or at least reduce the bleeding so mat women can lead a 
more normal life. Unfortunately, the complex geometry of the endometrial surface combined with the lack of assessment of 
deep thermal damage with superficial observation in a 2-D scope system make rollerball ablation dependent on the skill of 
the user. 

Recently, there have been several attempts at applying heat treatments for thermal ablation in an office-based procedure that 
does not require surgery. This treatment is composed of utilizing either a hot fluid filled balloon for conductive heating or 
RF patches on the outside of a balloon to make contact with the endometrial wall. The latter applies RF energy and deposits 
power in the superficial layers of the endometrium. The target depth of ablation is approximately 5 mm. Due to the wide 
variety of parameters that effect heating, a finite element model was created to predict temperature distribution and extent of 
thermal damage in the uterus. Some of the parameters studied include blood flow, heat source temperature, type of heat 
source, heat application time, blood vessel presence, and temperature dependent electrical properties and perfusion. The 
paper will develop two numerical models for a conductive and an RF heating system for treatment of the endometrium based 
on the bioheat equation (Pennes 1948). 

Lesions produced by RF ablation are thermal and depend on the temperature distribution resulting from the electric field 
distribution in the tissue layers. Although other works in the literature have modeled heating in tissue, the temperatures 
achieved were in the hyperthermia range of 40-55°C (Strohbehn 1983, Paulsen et al. 1993, Mechling et al. 1992, Ryan 
1993), typically with temperatures limited to 45°C maximum (Strohbehn 1983). This limit simplifies the model somewhat 
since the initial thermal and electrical properties of tissue remain substantially constant. Our target temperature for tissue is 
in the range of 60-110°C, where tissue desiccates and electrical properties change substantially and non-linearly (Dadd et al. 
1996).  In addition, if temperatures exceed 41 °C, damage to living tissue is a function of both temperature elevation and 
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duration of exposure (Sapareto and Dewey, 1984). This is also characterized in the damage integral (Henriques 1947) which 
easily handles higher temperatures. 

Since values of conductivity with changing temperatures for the tissues of interest for this model at 500 kHz were not 
available, we proceeded to measure the electrical conductivity over time at various temperatures as input to the model. Other 
works that assume changes in conductivity with temperature, assume that conductivity increases 2%/°C (Schwan and Foster, 
1980), up to 100°C (Labonte 1994). 

Having a blood flow or perfusion term in the model, especially one that can be varied with time or temperature is important. 
The tissue perfusion term is rate of mass flow of blood per unit mass of tissue. Flow is considered to occur at the capillary 
level and due to the convoluted nature of these capillary beds, causes it to be non-directional (Patel et al. 1987). Blood 
perfusion is also a temperature dependent function mat can be rescaled due to tissue reaction to heating which will increase 
flow in normal but not in pathologic tissue, and decrease due to desiccation and capillary shutdown. In addition, our own 
experiments showed that blood coagulates at 60°C. 

2. SIMULATION OF ENDOMETRIAL TREATMENT DEVICE 

Modeling code was developed (Humphries et al. 1997, Ryan et al. 1997) and allowed thermal and electrical properties to 
vary with temperature, time or location. It was able to simulate both RF devices that deposit power in tissue and purely 
conductive heating devices. It was based on the bioheat equation (Pennes 1948) as shown below: 

m pt(r,T) ct(r,T) aT(r,t)/dt = V (kt(r,T) VT) - cb(T) pb m(r,T) pt (T - Tb) + Qp (r,t)+ Q, 

Pttb~ density of tissue, blood (kg/m*) 
ct,b = specific heat of tissue, blood (W s/kg/°C) 
kt = thermal conductivity (W/m/°C) 
m = perfusion (flow rate of blood/unit mass tissue) (m^/kg s) 
Qp ~ power absorbed/ unit volume tissue (W/m*) 
Qm = metabolic heating/ unit volume of tissue (W/m*) 
T = temperature (°C) 
t = time (s) 
Qm is assumed to be small and is neglected. 

3. DAMAGE INTEGRAL FOR THERMAL DOSE ASSESSMENT 

The damage integral designates areas of both reversible and irreversible damage as heat is applied (Henriques 1947). It is a 
function of both time and temperature. Our model plots the damage integral results over a range of levels for application to 
different tissue types with varying levels of sensitivity. 

Q = P JoVAE/RTdt 
where 

Q - thermal damage function 
where Q>1.0 (irreversible damage); 
and Q<0.5 (reversible damage) 

P = constant (s~') 
AE = activation energy (Jmol'l) 
R = ideal gas constant (Jmol'l K~l) 
T = time dependent temperature (K) 
t = time (s) 

207 



4. MODEL OF RF AND CONDUCTIVE HEATING DEVICES 

Two devices presently in clinical trials were modeled. The device requirements for treatment are to heat and ablate the 
endometrium, the inner lining of the uterus, with a single application of heat in under 10 minutes. A cross section of the RF 
device as modeled in two-dimensions is shown in Figure 1. The silastic membrane in Figure 1 has electrodes composed of 
copper patches, each with a central thermistor in contact with tissue. The electrodes are mounted on an air filled membrane 
which when inflated may lower perfusion in adjacent tissue. RF current is multiplexed among the electrodes which share a 
common return electrode mounted elsewhere on the body. The thermistors in the center of each electrode are controlled to 
72 or 75°C for four minutes, after a one minute heatup. 

Tissue 

Thermistor 

FIGURE] 
DIAGRAM OF MODEL OF RF ENDOMETRIAL ABLATION TREATMENT DEVICE 

In order to characterize electrical conductivity in our laboratory, we performed heating tests while measuring electrical 
conductivity at 500 kHz to gage me effects of thermal dose (Dadd et al. 1996). There were no tissue results in the literature 
at this frequency.   Attempts to heat tissue beyond 90°C resulted in severe tissue shrinkage, causing unreliable endplate 
electrode contact and producing artifactual readings. 

Tissue 

Thermocouple 

FIGURE 2 
DIAGRAM OF MODEL OF CONDUCTIVE ENDOMETRIAL ABLATION TREATMENT DEVICE 

Figure 2 is a model of a conductive endometrial ablation device.   The central heater is held at 87°C, as measured by a 
thermocouple affixed to the wall of the heater. The fluid carries the heat to the tissue through the balloon wall. The heater 
takes one minute to reach target temperature and is then held constant at 87°C for eight minutes. 
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FIGURE 3 
CONDUCTIVITY EXAMPLES OF TWO SAMPLES HEATED TO 37°C AND 87°C. 

Figure 3 shows the effects of heating muscle tissue for 30 minutes at either 37°C (normothermic body temperature) or 80°C. 
After heating, the tissue was rapidly cooled to the baseline temperature and electrical conductivity carefully monitored. 
Baseline conductivities were nearly the same until rapid heating caused an increase in conductivity. The normothermic 
sample retained its conductivity whereas the 80°C sample decreased in conductivity over the time interval. As expected, the 
conductivity for the 37°C sample resumed baseline values when the sample returned to starting temperature. However, the 
sample heated to 80°C when cooled to baseline, decreased in conductivity about 0.14 S/m, suggesting irreversible damage 
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FIGURE 4 
PLOT OF CHANGES OF CONDUCTIVITY IN MUSCLE OVER TIME 

Figure 4 shows a family of curves for conductivity vs. temperature over a range of time intervals. It is noted that at 60°C and 
below, tissue conductivities are not time dependent. However, at 70 and 80°C, there is an obvious change in conductivity 
with the conductivity continuing to decrease with time. Overlap among the various time points is seen until a breakpoint at 
60°C, with divergence of the curves at higher temperatures. 
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FIGURES 
MEASURED IMPEDANCE OF THE 12 RF ELECTRODES DURING PATIENT TREATMENT. 

Figure 5 shows impedances measured during a patient treatment. Each curve represents data taken at an electrode site in 
contact with tissue during RF heating of the endometrium. The curves with lower impedance starting values are due to two 
electrodes which are larger in area. As the electrode-tissue interface is heating during the first 60 s, impedance decreases as 
expected. In the first 60 s, power is continuously on until the target temperature of 72 or 75°C is reached. During the next 
four minutes, power is controlled such that temperatures begin to level off. All channels decreased in resistivity with 
increased temperature. 

FIGURE 6 
THE PLOT OF CONSTANT POTENTIAL OF A SINGLE ELECTRODE 

ENERGIZED OF AN ELECTRODE PAIR IN TISSUE. 
Figure 6 shows lines of constant potential. Since the system is multiplexed, only a single electrode is on. The right hand 
electrode reshapes the electric field of the left electrode. Note the intensity in the gap between the electrodes. The electrodes 
are 8 mm width separated by 6 mm. 
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FIGURE 7 
THE POWER DENSITY OF A SINGLE ELECTRODE 
ENERGIZED OF AN ELECTRODE PAIR IN TISSUE. 

Figure 7 shows the power deposition of a single electrode in a multiplexed system. The electrodes alternate being energized, 
each on for 0.5 s. The left electrode is the only electrode energized in this simulation. The influence of the right electrode is 
easily visualized. The electrodes are 8 mm width separated by 6 mm. 
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FIGURE 8 
TWO ELECTRODES HEATING PERFUSED TISSUE AT 300 SECONDS 

Both electrodes are multiplexed and controlled such that the central electrode temperatures are maintained at 75°C. 
Perfusion is constant at 3.34 kg/m3/s . The electrodes are 8 mm width separated by 6 mm. The dashed lines demarcate the 
insulating silicone layer with air filling the interior below the silicone.  The electrodes ride on this layer as shown by the 
horizontal lines. Note the outer uterine wall achieves 40°C. Electrical conductivity was a function of temperature. 
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FIGURE 9 
TEMPERATURE DISTRIBUTION FOR A PAIR 
OF RF ELECTRODES WITH A 2 MM VESSEL 

The temperature distribution is shown in Figure 9 for a block of tissue containing a 2 mm diameter vessel. Between the 
dashed lines lies the layer of silicone. The two electrodes are represented by die short horizontal lines. The electrodes are 8 
mm width separated by 6 mm. Temperature is controlled to 75°C at the center of each electrode. The target temperature is 
achieved in 60 s and held for an additional 4 minutes. The perfusion is 3.34 kg/m3/s. There is a 2 mm vessel denoted by the 
shaded circle. 
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FIGURE 10 
TEMPERATURE RESULTS FROM A CONDUCTIVE SOURCE AT 8 MINUTES 

Figure 10 shows results from a hot source with 1 minute of heatup and 8 minutes of steady state as measured at the hot 
source which is held at 87°C. Perfusion is 3.34 kg/m3/s. The dashed line demarcates a latex membrane, below which is a 
fluid filled balloon with the conductive heater. 
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FIGURE 11 
TEMPERATURE DISTRIBUTION WITH A CONDUCTIVE HEATER 

IN FLUID INFLUENCED BY A BLOOD VESSEL 
Figure 11 shows the temperature distribution as in Figure 10, but with a 2 mm blood vessel embedded in tissue. Note the 
influence on the temperature distribution. Perfusion is  3.34 kg/m3/s.   Heating is for 8 minutes, following a one minute 
heatup to 87°C at the hot source. 

FIGURE 12 FIGURE 13 

Figure 12 shows the prediction of the damage integral a pair of RF electrodes on an air filled balloon. Electrical conductivity 
is a function of temperature. The lower, non-shaded portion represents the balloon as shown in Figure 1. The various 
shaded represent the predictions of the damage integral depending on the sensitivity of the tissue. The inner zone represents 
irreversible damage. The outer layer represents the zone of reversible damage. 

Figure 13 shows results of the damage integral of the conductive heating device as shown in Figure 2. The shading of zones 
of damage is of equal value to Figure 12. Perfusion in both figures is 3.34 kg/m3/s. 
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FIGURE 14 
POWER DENSITY FOR RF HEATING WITH ONE LARGE ELECTRODE IN TISSUE 

Figure 14 shows the power density for a single large electrode replacing'the two electrodes in previous examples. The ends 
of the previous electrodes are now the ends of the new electrodes with the gap being spanned.   The end effects at the 
electrode ends due to the discontinuities are the locations of concentrations of power.   This figure shows much broader 
power deposition than a single electrode shown in Figure 7. The electrode width is 20 mm. 
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FIGURE 15 
TEMPERATURE DISTRIBUTION FOR MULTIPLE SMALL ELECTRODES 

Figure IS shows the temperature distribution for tissue with 5 small RF electrodes replacing the pair found in Figure 1. The 
electrodes are 2 mm width and spaced by 2 mm.   All electrodes are energized simultaneously.   The penetration is 
significantly changed relative to the paired electrodes seen previously.  The center of the electrode array is held to 75°C 
during one minute heatup and four minute hold. Perfusion is 3.34 kg/m3/s. 
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6. DISCUSSION 

We have shown that when heating beyond 60°C the electrical conductivity of tissue changes enough to make a visible 
difference in the predicted temperature distribution. Thus, a versatile model should have the capability of inputting changing 
tissue parameters when temperatures are high enough to affect results and thus will better predict tissue thermal events in 
biological systems. Trends show that as temperature rises, conductivity increases, but not exactly as 2%/°C (Schwan and 
Foster, 1980) estimates predict. Conductivity values for muscle tissue actually decreased over time at 70°C and above. 
Thermal doses of time and temperature affect various tissues differently, however, depending on the temperature level, the 
tissue could be irreversibly altered. These results agree with work at lower frequencies (Moskowitz et al. 1995) that 
demonstrated the effects of irreversible damage. Only at lower temperatures in our study did tissue samples return to 
baseline values and show complete reversibility due to lack of damage by the thermal dose. Lastly, since the damage integral 
is built into the code, we can track estimates of irreversible tissue damage due to the thermal history at each location in the 
mesh. 

The development of the devices shown here can be greatly aided by numerical simulations that allow parameter changes such 
as material thicknesses, heat source temperatures, device dimensions, and others. The design process may be sped up by 
letting the model compare various designs prior to prototyping and bench testing. Modeling can help guide us to a few good 
design concepts that we can test. Hopefully, application of a good model may reduce time to commence clinical trials and 
make the devices available to the medical treatment community so that patients can ultimately benefit. 

In both the RF and conductive heating designs, the simulations are useful in designing the dimensions of the products. In the 
conductive heating system, the model will help predict the extent of thermal damage if the time or control temperature is 
changed. If the balloon thickness or material is changed, the model can show the differences in outcome. If the tissue is 
pathological and has different thermal properties or perfusion, these can be input. For the RF balloon, the model can assist in 
sizing the electrodes and spacing them apart from one another, as well as choosing the number and how they are multiplexed. 
Changing the set point temperatures can be modeled. If the system was bipolar such that current only traveled between 
electrodes, the model can easily simulate this type of device. 
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ABSTRACT 

Sealing and fusion of vessels by electrosurgical current is strongly influenced by the inhomogeneous architecture of the 
tissue constituents, particularly in the large arteries. Inhomogeneities in electrical properties of the constituents, specifically 
smooth muscle, collagen and elastin, lead to sharp spatial gradients in volumetric power deposition which results in uneven 
heating. The mechanical properties of the various tissue constituents are also of considerable importance. Vessel collagen 
and elastin distribution varies from vessel to vessel, species to species in the same artery, and point to point in the same vessel 
of the same animal or person. We present histologic evidence of vascular constituent variations, measurements of germane 
tissue electrical properties and numerical model studies of their effect on local heating rates and temperature rise in 
geometrically realistic finite difference vessel models. Comparisons between predicted and measured damage boundaries 
showed favorable agreement. 

Keywords: electrosurgery, vessel sealing, tissue fusion, vessel architecture, numerical models 

1. INTRODUCTION 

Since the early 1930's electrosurgical current at radio frequencies (RF) between 500 kHz and 5 MHz has been used to cut 
fuse, seal or coagulate resected and transected blood vessels. Common surgical wisdom holds that sealing vessels larger in 
diameter than about 2mm is better accomplished with staples or ligatures, whether artery or vein. We have experimented 
with various temperature control strategies in order to seal larger vessels *• ^ and have been frequently frustrated by 
apparently random failures, particularly in larger arteries. Histologic studies of vessels reveal significant species-dependent 

. differences in the spatial distribution of the vessel constituents (vascular architecture) of analogous vessels; and significant 
architectural differences from location to location along the same vessel in the same species, particularly in the large arteries. 
These variations, both in the electrical and mechanical senses, are the likely source of most of the randomness in the 
outcomes. 

Collagen alteration is apparently an important prerequisite to successful tissue fusion, 3,4,5, 6,7 ^j j,y analogy, in the 
vessel sealing process. Electron microscopic (EM) studies suggest that the fusion process in blood vessels may be dominated 
by random re-entwinement of thermally dissociated adventitial collagen fibrils (Type I) during the end stage heating and 
early cooling phases *>. Successful welds have been experimentally obtained in many tissues' as well as vessels"; and we 
have also obtained successful seals 9> 10. Yet, the thermodynamics of vessel sealing by RF current remain to be investigated. 
We have studied the governing processes in geometrically and electrically accurate finite difference method (FDM) 
numerical models. 

2. COMPARATIVE VESSEL ARCHITECTURE 

Tissue specimens studied included: 1) canine carotid and femoral arteries, femoral veins, and 2) bovine dura mater and 
ligamentum nuchae. The tissue specimens were fixed by immersion in 10% neutral buffered formalin. After dehydration in 
graded alcohols and xylenes, the specimens were embedded in paraffin. Serial 5 \im sections were stained with Weigert- 
vanGieson elastin stain, and Mallory's trichrome stain. 
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Two sections of the canine carotid artery are shown in Figure 1. The specimen shown in Figure la was collected near 
the origin of the carotid artery at the aorta and the specimen in 1 b is from the middle of the common carotid. 

■mA"!«»  .-'fc    -«,—*&£*'—" 

(a) (b) 

Figure 1. Proximal Carotid Artery (a) and Middle Carotid Artery (b). The elastin is black, the collagen, medium gray, 
and vascular smooth muscle, light gray. The intimal Gumenal) surfaces are at the top of the illustrations. [Elastin 
Stains. Bar = 62 microns] 

(a) (b) 

Figure 2.      Canine Femoral Artery (a) and Vein (b). The intimal surfaces are at the top of the figures.[Elastin Stains. Bar 
(a) = 99 microns and (b) = 62 microns]. 

The  proximal carotid artery has a thick media composed of prominent elastin plates connected by a collagenous 
scaffolding in which smooth muscle cells are found. The internal elastic lamina (luminal surface) is thin and mingles with 
the medial elastin. The adventitia [not shown] consists of a dense feltwork of collagen.  On the other hand, the intimal 
surface of the middle carotid artery is separated from the media by a continuous (except for very small pores) elastic 
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membrane, the internal elastic lamina. The media is composed of sheets of smooth muscle cells separated by irregular elastin 
plates and ribbons and by collagen. The proximal adventitia is a dense feltwork of elastin fibers that gradually intermixes 
with the collagen of the more peripheral adventitia. 

Figure 2 illustrates the typical architecture of the canine femoral artery and vein. The femoral arterial media is separated 
from the intima by a prominent lamina propria. The media consists mainly of smooth muscle cells supported by a collagen 
framework and spare, thin elastin plates. In the dog, the femoral arterial adventitia is composed of a thick elastin feltwork 
that is almost as thick as the media. The femoral vein has a thinner wall with no internal elastic lamina and ribbons of elastin 
interspersed with dense collagen fibers and smooth muscle cells. 

I- 
b 1 

(a) 

Figure 3.      Bovine Ligamentum Nuchae (a) and Bovine Dura Mater (b). 
microns]. 

(b) 

[Elastin stains. Bar (a) = 31 microns and (b) = 25 

Plainly, collagen and elastin are dominant constituents in the vessels, and they might reasonably be expected to have 
differing electrical properties. We used two model tissues to study them separately: Ligamentum nuchae, a large elastic 
ligament and dura mater a collagenous sheet covering the interior surface of the skull. 

Figure 3a is an elastin stain section of bovine ligamentum nuchae. The ligamentum nuchae is constructed of darkly 
staining, densely packed, thick elastin ribbons (75-80%) separated by collagenous bands (light gray). The ligamentum 
nuchae is found in most mammalian species and in large four-footed grazing animals in whom the structure assists in the 
support and raising and lowering of the head. The ligamentum nuchea is the "purest" and most readily available biologically 
intact elastic tissue that can be used for in vitro experiments, and thus was used as the elastin tissue source for these studies. 

Figure 3b is a trichrome stain section of bovine dura mater. The dura mater is the collagenous membrane that separates 
the skull from the underlying vascular meninges and brain tissue. The dura is composed of densely packed Type I collagen 
fibers with a very small amount of elastin (less than 5%) The fibrous nature of trie collagen sheet is clearly visible in the 
section. 

3. TISSUE ELECTRICAL PROPERTIES 

The electrical conductivity of the tissues was estimated from impedance measurements in an approximately uniform 
electric field. Tissue samples were thin rectangles less than 2 mm thick and approximately 4 to 10 mm wide by 10 to 25 mm 
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long. The measurement electrodes were configured to establish an electric field either transverse or longitudinal to the 
dominant tissue axes, as in Figure 4. 

(a) (b) 

Figure 4      Electrode configurations for a) transverse E-field measurement, and b) longitudinal E-field measurement. 

Impedance data were collected at 201 points between 10 kHz and 10 MHz using a Hewlett-Packard 4194A Impedance/Gain- 
Phase analyzer. Electrical conductivity was calculated assuming a uniform E-field according to: 

a = 
RA (l) 

where a = conductivity (S/m), d is the dimension in the direction of the electric field (m), R is the measured resistance (fl), 
and A is the area transverse to the electric field (m2). In both cases the limitation in estimation of the electrical conductivity 
is dominated by uncertainties in die thickness of the tissue sample. 

A typical impedance sweep is illustrated in Figure S, a longitudinal measurement on canine femoral artery. The 
magnitude is between 1.4 and 1.8 kß and phase angle is between -6 and -2 degrees, slightly capacitive, especially at the 
higher frequencies. Figure 6 shows five estimates of conductivity in the transverse measurement for bovine dura mater. The 
complete results are summarized in Table 1. Each table entry is the average of swept frequency measurements on five 
separate tissue samples. Each of the five sample measurements is the average of 16 sweeps over the range of frequencies 
with a "medium" integration time at each sample point, i.e. 5 ms. 

There is no significant difference between electrical conductivities at the representative electrosurgical frequencies of 
500 kHz and 2 MHz, as was expected. As reflected by the standard deviations, the uncertainty in the transverse 
measurements is uniformly smaller than for the longitudinal measurements, as expected from preliminary estimates. 
Unexpectedly, there is no significant difference between the longitudinal and transverse conductivities of canine femoral 
artery. The other tissues studied exhibited significant anisotropy, with the longitudinal conductivity about twice that of the 
transverse conductivity. 

100 1000 

Frequency (kHz) 

10000 1000 

Frequency (kHz) 

10000 

(a) (b) 

Figures       Longitudinal impedance of canine femoral artery a) Magnitude and b) Phase angle. 
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Figure 6      Five estimates of the transverse electrical conductivity of dura mater. 

Electrical Conductivity (S/m)   (S.D.) 
Tissue 

Canine Femoral Artery (trans) 
Canine Femoral Artery (long) 
Canine Femoral Vein (trans) 
Canine Femoral Vein (long) 
Bovine Dura Mater (trans) 
Bovine Dura Mater (long) 

Bovine Ligamentum N. (trans) 
Bovine Ligamentum N. (long) 

500 kHz 
0.75 (0.03) 
0.64 (0.12) 
0.57 (0.10) 
1.04 (0.18) 
0.26 (0.05) 
0.41 (0.17) 
0.67 (0.02) 
0.99 (0.14) 

2 MHz 
0.85 (0.05) 
0.70 (0.11) 
0.60 (0.11) 
1.05 (0.17) 
0.27 (0.05) 
0.43 (0.17) 
0.68 (0.02) 
1.0 (0.14) 

Table 1 Longitudinal and transverse electrical conductivity.  Numbers are averages of five samples and (standard 
deviation). 

4. NUMERICAL METHODS 

Numerical models are never able to accurately predict specific experimental results owing to uncertainty in physical 
properties and randomness in tissue structure. However, they do permit study of the governing processes on fine spatial and 
temporal scales which cannot be obtained in experiments. When numerical models are sufficiently well behaved they can be 
used to study transient micro structural thermodynamic events, and to compare dominant processes and effects. Thus they 
can be used to provide substantial insight into the clinical problem. 

Electric Field Model 

We have relaxed some of the usual assumptions about tissue in these models: we do not assume globally homogeneous 
electrical properties. Instead, measured electrical properties for collagen, elastin and estimated values for smooth muscle 
were used to study inhomogeneous vessels. At present, each tissue constituent is assumed isotropic; however, the effect of 
discrete regions of each tissue type is to make the vessel model globally anisotropic even though locally isotropic. The 
thermal properties of the soft tissues vary little, and so the model thermal properties are presently homogeneous and isotropic. 
The model solves the quasi static Laplace equation: 

V2V = 0 (2) 

as a boundary value problem by iterative use of successive approximation. The criterion for convergence was the calculated 
total active electrode current. Iteration proceeded until the change in electrode current was less than a specifiable maximum 
magnitude in a selectable number of iterations. Double precision was used for the potential matrices. 

The model space consists of the first quadrant (I) of the symmetrical system composed of two bipolar flat plate 
electrodes clamped transversely around a vessel of arbitrary thickness and composition, as shown in Figure 7. The electrodes 
are of arbitrary size and potential and an insulated thermocouple (t/c) of arbitrary size can be included. Electrical boundary 
conditions are: 1) zero flux at x = 0, 2) V = 0 at y = 0, 3) constant potential under the electrode and zero flux outside the 
electrode at y = maximum, and 4) either a mixed boundary condition (simulating leakage flux) or a zero flux boundary at x 
= maximum. The model space used in the model was 81H X 21V nodes capable of 9 tissue layers. This particular size was 
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used so that the time step required in the thermal model would be sufficiently long that a reasonable execution time could be 
achieved. The tissue layers may have arbitrary thickness and electrical conductivity and be represented by a selectable 
number of node spaces. Interfaces between tissues are constrained to lie along node planes. Calculations of electrode current 
and power are on a per unit length basis along the Z-axis. 

t/c 
^p Ai 

Figure 7     Idealized Cartesian 2-D model space of the first quadrant of bipolar electrodes (cross-hatched) clamped 
symmetrically around a vessel. Thermocouple (t/c) may be included. 

, The electrical conductivities used in the calculations were: 1) for collagen, oc = 0.26 S/m (transverse), 2) forelastin, 
oc = 0.67 S/m (transverse), 3) for smooth muscle no published values are available — an estimate was formed using 
published values for cardiac muscle (values range from 0.11 to 0.47 S/m*2) the geometric mean of om = 0.23 S/m was used 
for these calculations. Transverse conductivities were chosen because the primary electric field direction was transverse to 
the fibers and plates. Cardiac muscle is thought to be a more effective electrical analog of smooth muscle than skeletal 
muscle since it is essentially devoid of the cascade of collagenous connective tissue shrouds which electrically and 
mechanically isolate the skeletal muscle fibers. 

Thermal Model 

The thermal model space matches the electrical geometry in dimension and node placement; however, the tissue was 
treated as thermally homogeneous and isotropic. Boundary conditions in the thermal model are: 1) zero flux at x = 0 and at y 
= 0, 2) surface evaporation, convection and radiation at y = maximum, 3) either a mixed boundary condition or zero flux 
(selectable) at x = maximum. Surface evaporation is not allowed under the electrode and thermocouple, however convection 
and radiation are included at the electrode surface. The thermal mass of the electrode is significant and is included in the 
model. The transient thermal model incorporates proportional control, reducing electrode power proportionally within a 
selectable error band of the set point temperature, simulating the function of the experimental apparatus. 

Temperature fields 

The model space was a transient Cartesian finite difference model. The time step used was 40 (is in order to ensure 
stability in the solution. A typical 4 second activation with 1 second cooling phase required 9 hours to solve on a Macintosh 
Quadra 840 AV (68040 CPU with floating point processor). 

The local volumetric power generation term, QgCn (W/mm3), was determined from: 

Qgen = olß2 

where Qgen = volume power deposition, o = electrical conductivity (S/mm) and E is the electric field (V/mm). 

The power generation term was the source term for the energy balance: 

(2) 

pc — = kV2T + Qgen + Qfg - SurfaceLosses (3) 

where p = density (gm/mm3), c = specific heat (J/gm-°C), k = thermal conductivity, (W/mm-°C), and Qfg is the phase 
change term due to vaporization (from the surface or when tissue temperature is 100 °C). Tissue thermal properties were 
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assumed similar to those of water^ and we have assumed a linear homogeneous isotropic material. The thermal 
conductivity turns out to be a particularly strong influence on the results in the vertical direction since the vessels are very 
thin and the thermal mass of the electrode is significant. Thermal conduction in the horizontal direction is negligible. Tissue 
density is very close to that of water and was assumed constant. The specific heat is a particularly sensitive parameter; 
however, no data are available on the relationship between specific heat and remaining water content, so constant properties 
were assumed. 

Surface evaporation was modeled using Snelling's formula with empirical coefficients derived from solar pond data. 
Water vaporization (i.e. boiling) was assumed to occur at rates low enough that no significant tissue pressure increases 
resulted. Consequently, all vaporization processes occurred at or below 100 °C. That is, all Qgen in excess ofthat required 
to supply local heat transfer processes was assumed to apply to local equilibrium boiling at 100 °C. Tissue was allowed to 
increase in temperature above 100 °C only if fully desiccated. 

Damage process model 

Kinetic models of thermal damage processes based on an Arrhenius formulation have been used for many years to 
describe different forms of thermal damage' : 

ß^ = /Jg^l = jAe"LRTJdt (4) 
IQrjJ   0 

Here Q is the dimensionless damage, A is a measure of the molecular collision frequency (s"*), E is an energy barrier the 
molecules surmount in order to denature (J/mole), R is the gas constant (J/mole-K), T is the absolute temperature (K) and t 
the time (s). The physical significance of the dimensionless damage, fi, is that it is the logarithm of the ratio of the initial 
concentration of undamaged material, C(0), to the remaining undamaged material at the conclusion of the exposure, C(x). 
The process coefficients, A and E, must be experimentally determined. This model assumes that only one first-order process 
is active — the model can be used in multiple-process damage accumulation if each process is thermodynamically 
independent with its own set of coefficients. We have used damage coefficients derived from experiment and literature to 
model collagen denaturation, smooth muscle denaturation, and skin damage. 

The kinetic coefficients used for collagen damage were those derived by us from measurements of collagen birefringence 
loss in rat skin and are: Ac0l = 1.606 x 10^5 (s-l) and Ecol = 3.06 x 10^ (J/mole).^ The values used for smooth muscle 
were estimated from two sets of measured coefficients in cardiac muscle, one set for short exposures and one set for long 
exposures: Amus = 1.28 x 10^2 (s-l) and EmUS= 1.45 x 10^ (J/mole). The estimate was created by taking the geometric 
mean of the E values and selecting A to obtain threshold damage at the temperatures measured and previously reported*". 
The reported coefficients of Henriques and Moritz' * were used to predict "skin" damage boundaries: Askn = 3.0 x 10^8 (s" 
1) and Eskn = 6.28 x 10^ (J/mole). These were used as a means of comparison, only since, of course, there is no "skin" in a 
vessel. However, the intima is composed of endothelial cells which may exhibit a thermal sensitivity similar to that of the 
epithelial cells of the skin; also, the skin coefficients are known to be the most sensitive of all of the reported values to date 
and have been used in other thermal models, and therefore make a useful standard of comparison. The three damage 
processes were allowed to progress independently. 

5. MODEL RESULTS 

The geometry used for the carotid and femoral arteries in the low resolution model is shown in Figure 8. Both models 
have an "intima" 10 um thick (actual dimensions are closer to 1 to 3 um) modeled by muscle properties and an "internal 
elastic lamina" 20 um thick (close to the actual dimension) for which elastin properties were used. For both models the 
electrode was 0.5 mm thick and 4mm across (assigned nodes 1 to 41) with no specific thermocouple site. The major 
difference between the models is the location of the elastin plates: in the media for the carotid artery and in the adventitia for 
the femoral artery. 
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(a) (b) 

Figure 8. Vessel model dimensions in the 81 X 21 model space a) carotid artery b) femoral artery. Tissue constituents 
are collagen (c), elastin (e) and muscle (m). Both models have an intima 10 ujn thick (bottom) and an internal 
elastic lamina 20 Mm thick just above it. 

Specific dimensions in the carotid artery model are: 1) 0.38 mm thick overall with 2) an adventitia (collagen mat) 0.17 
mm thick, assigned 4 node spaces, 2) four pairs of elastjn/muscle layers, each elastin layer 10 \un thick and each muscle 
layer SO u,m thick, assigned 2 node spaces for each layer. 

Specific dimensions for the femoral artery are: 1) 0.46 mm thick overall with 2) an adventitia composed of four pairs of 
elastin/collagen layers, each elastin layer 10 um thick and each collagen layer SO u>m thick (except for the upper-most 
collagen layer which was 80 mm thick), assigned 2 node spaces for each layer, and 3) the media (muscle) 0.22 mm thick, 
assigned 4 node spaces. 

Canine carotid artery model, 

The electrical model converged to a maximum electrode current change of 0.001% in 10 iterations after 3460 iterations. 
For a single electrode potential of SO volts (100 v bipolar) the current per unit length was 84.4 mA/mm and resistance per unit 
length was S92 Q/mm. For 7 mm of vessel in contact with the electrode, this would correspond to a total current of 591 mA 
and inter-electrode resistance of 85 Q, both reasonable values in the light of experimental results. 

The potential field is shown in Figure 9a while the volumetric power density (W/mm^) is in Figure 9b. The maximum of 
the power density was to 27 W/mm^, and the gray scale covers 0 to 10 W/mnA 

(a) (b) 

Figure 9. Geometrically scaled carotid artery E-field model results, a) Potential field (0 to 50 V, interpolated) and b) 
power density (0 to 10 W/mm^, no interpolation used). 

The voltage gradient is very strong at the edge of the electrode, as expected, with a correspondingly high power density 
located there. The high edge power density is moderated by strong heat transfer effects in the thermal model. The variation 
in electrical properties of the elastin and muscle in the media is plainly visible in the power density field. 

The temperature and damage fields were calculated for two heating protocols. In both models the set control point 
temperature was 90 °C with a proportioning band of 10 °C. The first was a rapid heating protocol; current adjusted to 169 
mA/mm, heating time 0.02 s with a 0.05 s cooling period. Figures 10 and 11, and required 3 minutes to calculate at At = 40 
Its. The second was a 4 second heating time (current adjusted to 42.2 mA/mm) with a 1 s cooling period. Figures 12 and 13, 
and required 9 hours to calculate (for the same time step). 
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Figure 10. Geometrically scaled results for the carotid artery model with rapid heating (at 0.02 s, end of heating; 0.025 s 
total), a) Temperature field (0 to 100 °C, interpolated), b) contour plot (40 to 100 °C, by 20 °C). c) water 
vaporization boundaries (range 21, gray, to 55%, white, by volume), d) collagen damage boundaries with 
contours at 10%, 63% (Q = 1) and 90% damaged tissue, e) muscle damage (10% and 63%) and f) skin damage 
(10,63, and 90%). 

0.03 

Time (s) 

Figure 11.    Plot of calculated temperatures at the adventitial control point (x = 0 to 0.2 mm, y = 0.38 mm) and intimal 
surface temperature (x = 0 to 0.2 mm, y = 0) and the planned heating curve. 

\   \       N 
(a) (b) 

H 
(c) (d) 

(e) (f) 

Figure 12. Geometrically scaled results for the carotid artery model with slow heating (at 4 s, end of heating; 5 s total), a) 
Temperature field (0 to 100 °C, interpolated), b) contour plot (40 to 100 °C, by 20 °C). c) water vaporization 
boundaries (range 0, black, to 55%, white, by volume), d) collagen damage boundaries with contours at 10%, 
63% (Cl = 1) and 90% damaged tissue, e) muscle damage (10,63 and 90% ) and f) skin damage (10,63,90%). 
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In the rapid heating protocol of Figures 10 and 11, it is apparent that the thermal mass of the electrode has limited surface 
temperature rise and thus the evaporation (10c) and damage (lOd-f). The locally high power density near the electrode edge 
has been moderated to the extent that the boiling peak is below the surface (10c). Figure 11 is a plot of the adventitial and 
intimal surface temperatures between nodes 1 and 5 (under the center of the electrode) as the heating progressed. The results 
contain the seemingly nonsense result that the predicted muscle damage boundaries are inside of the collagen damage 
boundaries — and, in fact, the muscle damage process is not complete since a 90% contour doesn't exist (the maximum 
muscle damage was predicted to be 73%). 

Timc(s) 

Figure 13.    Plot of calculated temperatures at the adventitial control point (x = 0 to 0.2 mm, y = 0.38 mm) and intimal 
surface temperature (x = 0 to 0.2 mm, y = 0) and the planned heating curve. 

In the slow heating model the skin, muscle and collagen damage areas are nested in the expected sequence. The effects 
of lateral heat transfer are significant and readily observed in this longer activation. 

Canine femoral artery monVl 

The electrical model converged to a maximum electrode current change of 0.001 % in 10 iterations after 1660 iterations. 
For a single electrode potential of 50 volts (100 v bipolar) the current per unit length was 62.1 mA/mm and resistance per unit 
length was 805 fl/mm, higher than the carotid artery model. For 7 mm of vessel in contact with the electrode, this would 
correspond to a total current of 435 mA and inter-electrode resistance of 115 Q, both reasonable values in the light of 
experimental results, and following the trend observed in the experiments. 

The potential field is shown in Figure 14a while the volumetric power density (W/mm3) is in Figure 14b. The maximum 
of the power density was to 15.6 W/mm3, and the gray scale covers 0 to 10 W/mm3. Both the potential and power density 
fields have a markedly different appearance than for the carotid artery model. 

(a) (b) 

Figure 14.    Geometrically scaled femoral artery E-field model results, a) Potential field (0 to 50 V, interpolated) and b) 
power density (0 to 10 W/mm3, no interpolation used). 

Again, the voltage gradient is very strong at the edge of the electrode with a correspondingly high power density located 
there. The variation in electrical properties of the elastin and collagen in the adventitia is not visible in the power density 
field, however. 

The temperature and damage fields were calculated for 4 second heating time with a 1 s cooling period. Figures 15 and 
16, and required 9 hours to calculate (for the same time step). The planned heating was to mimic that of the carotid artery 
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model 2 seconds ramp to 90 °C with 2 s at 90 and then a 1 second cooling period. The same current was used as for the 
carotid artery model, 42.2 mA/mm. 

2^_ 60. 

(a) (b) 

Figure 15. 

(c) (d) 

(e) (f) 

Geometrically scaled results for the carotid artery model with rapid heating (at 4 s, end of heating; 5 s total) a) 
Temperature field (0 to 100 °C, interpolated), b) contour plot (60 to 100 °C, by 20 °C). c) water vaporization 
boundanes (range 0, black, to 55%, white, by volume), d) collagen damage boundaries with contours at 10% 
bi% ("= 1) and 90% damaged tissue, e) muscle damage (63% and 90%) and f) skin damage (63 and 90%) 
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Figure 16.    Plot of calculated temperatures at the adventitial control point (x = 0 to 0.2 mm, y = 0.38 mm) and intimal 
surface temperature (x = 0 to 0.2 mm, y = 0) and the planned heating curve. 

38%?n7Sn1^deSiCCa?niTdary '"L sn
u^tantiallv similar t0 *e carotid artery case. Muscle damage has a minimum of 

38% and skin 12%, so only the 63% and 90% contours are shown in those plots. The temperatures are higher and the 
damage is more severe in this model when compared with the carotid artery case. 

6. CONCLUSIONS 

fnrJJ^T™*1 m0delin,g KS^ «""P"« favorablv with experiment in spite of the geometric simplifications used in their 
™SS? t ^ ■?TenCal modfls can ^ used t0 study microscale thermodynamic events in the tissue, and in future will be 
modified to include temperature dependent thermal and electrical properties. 
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Image-guided noninvasive surgery with ultrasound phased 
arrays 
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ABSTRACT 
The current status and the future needs of image-guided ultrasound phased array systems for noninvasive surgery 
are addressed. Preliminary results from an integrated image-guided therapeutic phased array system for noninvasive 
surgical applications currently being developed at our laboratory are shown. The therapeutic array utilizes piezo- 
composite transducer technology and operates (therapeutically) at 1 and 2 MHz. It consists of 64 elements on a 
spherical shell with a geometric center at 100 mm from its apex. The array was shown to be capable of producing 
well defined thermal lesions in tissue media at depths from 40 to 60 mm and to scan therapeutic foci up to +/- 15 
mm from its geometric center. Image guidance is provided by a modified diagnostic ultrasound scanner which, in 
addition to providing standard B-scan images of the target region, provides real-time images of the temperature rise 
due to the therapeutic beam. The temperature information is obtained using a correlation based algorithm for echo 
displacement estimation, which can be directly related to local variation in tissue temperature due to the therapeutic 
beam. A complete description of the combined imaging/therapy system is given. Furthermore, illustrative examples 
of noninvasive real-time image-guided tissue ablation, temperature estimation, and temperature control are presented 
and discussed. 

Keywords: Thermal surgery, tissue ablation, temperature imaging, focusing 

1. INTRODUCTION 

1.1. Image Guided Surgery 

The use of three dimensional (3D) MRI and/or CT has become routine practice in recent years for planning surgeries. 
Surface and volume rendering techniques for visualization are currently well developed and allow for unprecedented 
views of patient anatomy. Moreover, contemporary computer workstations are currently capable of interactive 
manipulation of these 3D data sets. It has therefore become possible for surgeons to plan their procedures based on 
accurate mapping of the treatment volume. More recently, techniques for multimodal image guidance for neurosurgery 
have been proposed.1-3 These techniques will allow surgeons to bring their pre-treatment plans to the operating 
room (OR). Such advances will undoubtedly help minimize patient risk in delicate surgical procedures. They could 
also prove beneficial in eliminating unnecessary procedures and reduce side effects of certain surgical procedures. The 
increasing power and falling cost of computer and visualization technology will probably be an important factor in 
helping image-guided surgery gain widespread acceptance in the foreseeable future. While neurosurgery is currently 
the major application area, it is expected that image guidance will be utilized in other surgical applications, e.g., 
image guided biopsy and focused therapeutic procedures applied in tumor ablation.3 The latter is the main focus 
of this paper and is described in the following subsection. 

1.2. High-Intensity Focused Ultrasound: Background 

High-intensity focused ultrasound (HIFU), in the frequency range of 500 kHz to 10 MHz, has been used in a wide range 
of therapeutic applications. For example, HIFU has considerable potential for deep localized hyperthermia,45,43'47 

primarily in conjunction with other cancer treatment modalities, e.g., radiation therapy.84'61'44 This is due to the 
fact that ultrasound can be easily focused (with mm-size heating spots at the focus) at considerable depths (1 cm 
- 15 cm) depending on the frequency. The (typically) small heating spot at the focus can be scanned mechanically 
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or electronically to produce the desired heating pattern tailored to the tumor geometry. Clinical or pre-clinical 
hyperthermia systems utilizing HIFU have been used by a number of groups and they continue to demonstrate the 
promise of this technology.58,47 

Another application where HIFU was demonstrated to have significant promise is in noninvasive tissue ablation 
for cancer treatment and in surgery. As early as the 1950s, Fry and coworkers31 at the University of Illinois have 
shown that very precise ablation patterns in cat brains in-vivo is feasible. A system was developed and numerous 
experiments were performed further supporting the feasibility of this approach. Similar results were obtained by 
Lele at MIT45'60 and most recently by Hynynen at the University of Arizona and Harvard40 and Sanghvi et al at 
ICFAR.37 It has been demonstrated by these investigators and by our group that thermal coagulation of tissue 
results from short (1-10 seconds) exposure to intense (1-3 kW/cm2) acoustic fields. Furthermore, at these exposure 
levels and time durations, the ablated tissue volumes are largely defined by the specific absorption rate (SAR) of 
the focused ultrasonic field, i.e., the focal spot. For most practical ultrasound focusing systems, the ablated tissue is 
cigar-shaped at the focal spot with a diameter on the order of 1 mm and length on the order of 3 to 4 mm*. Even 
higher definition of the ablated region can be achieved by the appropriate choice of the operating frequency and the 
applicator design. For example Lizzi and coworkers39 use 10 MHz HIFU system in the treatment of the eye. 

Most HIFU systems in clinical use today employ (spherical) shell focused transducers operating in the range of 
1 MHz through 4 MHz. These transducers are capable of producing very well-defined tissue necrosis in homogeneous 
tissue where no significant aberrations occur. More recently, however, phased array applicators were developed for 
hyperthermia and other HIFU applications. Phased arrays offer significantly improved control features that will 
be needed for precision lesion formation at depth in the presence of tissue inhomogeneity and patient/applicator 
movement. This is due to the electronic focusing capability of these applicators which can be performed dynamically 
at electronic speed to track the target (e.g., tumor) in real-time for the duration of the treatment. Effects of tissue 
inhomogeneities can be compensated for simply by the proper choice of the phases of the array elements. A number of 
optimal phasing schemes were developed9,6'10'7'42 to refocus any array in the presence of tissue inhomogeneity based 
on minimally-invasive acoustic feedback using miniature probes.18 In addition to finding the proper phase and 
amplitude distribution for refocusing the array, the algorithms described in18 identify and deactivate any elements 
shadowed from the target by the presence of an acoustic obstacle (e.g., bone or air spaces). Therefore, the availability 
of this kind of feedback will allow for the use of arbitrary array geometries with multiple acoustical windows to 
maximize the power deposition to the target region. Another important feature unique to phased array system is 
their ability to dynamically synthesize optimal multiple-focus patterns.5'7'9 Multiple-focus pattern can be used 
to simultaneously heat multiple target points without the need for scanning. They could prove essential for the 
reduction of the treatment time for HIFU procedures. 

Despite the obvious advantages of HIFU for noninvasive therapeutic application and the availability of advanced 
phased-array applicator systems capable of precision lesion formation at depth, HIFU is not yet a widely accepted 
modality in the clinic either for normal hyperthermia or for surgery. Some of the main reasons behind this lack of 
progress in clinical utilization of HIFU are as follows: 

1. Incomplete understanding of the limits on the use of HIFU to adequately heat specified volumes (e.g., tumors) 
at depth in the presence of tissue inhomoigeneities and/or shadowing bone structures. 

2. Lack of clinical real-time non-invasive high-resolution temperature feedback throughout the treatment volume. 
3. Lack of quantitative non-invasive measurement of tissue response to HIFU fields (especially important for tissue 

ablation). That is, we still do not have a noninvasive measurement for determining if a desired therapeutic 
end-point has been reached, nor do we have a noninvasive means for measuring thresholds for irreversible tissue 
thermal damage in-vivo. 

4. Lack of realistic treatment planning software based on patient-specific 3D data sets to help in the optimization 
of the applicator and the treatment strategy. 

The availability of high power piezocomposite transducer technology will certainly be the answer to the first problem. 
It is safe to say that phased arrays will be utilized in precision lesion formation even in the presence of strongly 
scattering obstacles, e.g., the rib cage.13 Solving the second and third problems will lead to a guidance and 
visualization mechanism for the therapeutic beams based on a well established imaging modality.   This may be 

"The biological and experimental basis of this statement is given in Section 2 below. 
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considered the "enabling technology" that will finally help HIFU surgery gain widespread acceptance by the medical 
community. This fact has been recognized by a number of investigators with significant clinical support.40'37 At 
this point, MRI22 and B-scan ultrasound17 are being used. These two methods (especially MRI) clearly illustrate 
that guidance visualization of the effects of therapeutic beams can be achieved. 

2. PHYSIOLOGICAL BASIS FOR THERMAL SURGERY WITH HIPU 

It has been verified experimentally16 that the lesion size and shape is well predicted by the thermal dose parameter 
of equivalent minutes at 43°C, defined as 

T«3(f;r)=/V<^>-43dr, 
Jo (1) 

where T is temperature in °C, t is time in minutes, r is a vector representing the 3D coordinate system of the 
region of interest, and R is an empirically determined constant. Equation 1 is derived from cell survival rates 
at different temperatures.4 The concept of thermal dose, while not completely developed, has been accepted by 
most hyperthermia practitioners. An obvious implication of (1) is that the same therapeutic end-point (e.g., thermal 
coagulation) can be reached by maintaining tissue temperature of 43°C for 120 minutes or, alternatively, maintaining 
tissue temperature of 65°C for 2 seconds. While the two alternatives mentioned are equivalent for nonlocalized heating 
of non-perfused tissue, they differ greatly when localized heating of perfused tissue is considered. In the case of long- 
duration heating, heterogeneous blood perfusion and thermal conductivity of tissue complicate the requirements of 
temperature control algorithms, even with the most advanced applicators. On the other hand, the short-duration 
heating causes thermal coagulation before blood perfusion and conduction begin to affect the heating pattern. In the 
latter case, the temperature control problem is reduced to a pattern synthesis problem. Thus significantly simplifying 
the therapeutic procedure to achieve the desired end-point. This conclusion, which is made on theoretical analysis 
of the BHTE, is supported by a significant volume of research that has been performed on the determination of 
both thermal and cavitational thresholds for damage. This work, which was performed on exposed organs of small 
animals, indicate that thermal coagulation of tissue occurs according to a well-defined intensity-exposure relationship 

/7?-5 = K, (2) 

where I is the intensity in W/cm2 and Te is the exposure (time duration) in seconds, and K is a constant depending 
on tissue type.60'33,36'34-35-40 Interestingly enough, our thermal simulations based on the transient bioheat transfer 
equation46-6 indicate that there is a general agreement between Equations (1) and (2) for exposure durations between 
1 and 10 seconds. Therefore, current knowledge on thermal coagulation of tissue using HIFU allows us to state the 
following: 

// one is able to control the ultrasonic power deposition for a specified time duration at a given site deep 
into the tissue, then thermal necrosis will occur at all points within the volume reaching the ultrasonic 
threshold given by (2). Equivalently, tissue damage will occur at all points within the volume reaching a 
thermal dose threshold given by (1). 

This statement provides the basis for localized thermal surgery with HIFU. It also provides a valuable treatment 
planning tool for the optimization of the power deposition to the target tissue. 

3. TEMPERATURE FEEDBACK AND CONTROL 

Current clinical practice relies heavily on the use of (invasive) thermocouple measurements for feedback control of 
tissue temperature in thermotherapies. Due to well known clinical limitations, these measurements are extremely 
sparse leaving large portions of the treatment volume without direct measurent of temperature. This lack of feedback 
is probably the single most important limitation of clinical application of most thermotherapies, especially hyper- 
thermia. Several attempts to estimate tissue 2D and 3D temperature profiles from sparse measurements have been 
made,64'53  but it is not clear whether these attempts will lead to a practical clinical application. 

Recently, several groups have attempted to exploit temperature dependence of different image modalities to 
produce 2D maps of tissue temperature during heating. Early reports on using X-ray CT,21 MRI24 and even ul- 
trasound27 for noninvasive temperature estimation showed promise.  Briefly, the CT method measures changes in 

232 



temperature-dependent density as reflected in thermal expansion of the tissue which appears in the imaging equa- 
tion for the (non-dimensional) Hounsfield Unit (HU).20 For MRI, several temperature sensitive parameters can 
be measured. However, the temperature-dependent proton resonant frequency shift is typically used.23 Diagnos- 
tic pulse-echo ultrasound can be used for non-invasive temperature estimation by measuring changes in the mean 
scatterer spacing19 or echo displacements.30 Both of these effects have been shown to depend on local changes of 
temperature dependent speed of sound and the linear coefficient of thermal expansion. A complete description of a 2D 
temperature imaging algorithm based on echo displacement estimation is described in Ref. 28. Recent reports on the 
use of impedance tomography25 and microwave imaging26 for noninvasive temperature imaging have demonstrated 
the feasibility of these methods in phantoms and in vivo. 

It should be mentioned, however, that clinical demonstration of these noninvasive procedures have not yet been 
made. Calibration issues as well as sources of artifacts are currently the limiting factors preventing quantitative 
temperature imaging based on the three modalities described. However, experimental demonstration of the feasibility 
of monitoring the effects of HIFU beams have been made for the three systems. This is significant in the important 
areas of guidance and monitoring of HIFU beams as discussed in the following two sections. 

4. IMAGE GUIDANCE 

All three systems described above can be used in image guidance due to the temperature sensitivity of the measured 
parameters. For all three imaging modalities, the HIFU beam can be initially applied to produce a small detectable, 
but non-destructive temperature change at the desired target. The resulting temperature profile is estimated by the 
imaging system. If the therapeutic beam is determined to be focused properly at the target, the therapeutic beam 
is applied with sufficiently high intensity to cause tissue damage. Otherwise, it is refocused until the focal spot size 
and location are properly adjusted within the desired target region. 

In the area of image guidance, ultrasound holds an edge on the other two modalities in terms of both temporal 
and spatial resolutions which allows for excellent characterization of the heating spots due to the therapeutic beams 
in realtime. 

5. DAMAGE ASSESSMENT 

Both X-ray CT and MRI are quantitative imaging methods that can (and do) measure changes in tissue state due 
to the therapeutic beams. Both methods, therefore, hold great potential in the area of damage assessment, which is 
absolutely essential to the success of noninvasive surgical procedures. Pulse-echo ultrasound, on the other hand, is 
not quantitative without further processing. This may be the main limitation of ultrasound in this area. However, 
work is currently underway to develop signal processing methods for extracting quantitative tissue parameters that 
can be utilized for damage assessment. It is likely that several features (e.g., attenuation, mean scatterer spacing, 
reflection coefficients, etc.) will be needed to characterize damage with the help of adaptive learning algorithms such 
as neural networks or hidden Markov models. 

6. ACTIVE RESEARCH PROGRAMS 

The advent of diagnostic imaging technology over the past decade encouraged a number of groups to investigate 
image-guided HIFU in noninvasive surgery. Currently, two groups in the U.S. are pursuing clinical implementation 
of image-guided HIFU systems. K. Hynynen is developing an MRI-guided HIFU system at Harvard. His work 
indicates unequivocally that HIFU treatments can be monitored and guided using MRI. Another group currently 
developing an image-guided HIFU is working at the Indiana Center for Advanced Research (ICFAR). They are 
developing an ultrasound-guided HIFU system for prostate removal using intracavitary applicators with ultrasound 
imaging built into the applicator head. 

Both systems at ICFAR and Harvard are approved for clinical trials. In addition to the two groups operating 
in the U.S., a number of active research groups in Europe investigating the use of HIFU in tissue ablation: C. R. 
Hill and G. ter Haar32 (Basic biophysics of HIFU; Royal Marsden Hospital, Surrey, UK) and J.Y. Chapelon and 
coworkers36 (Biophysics, transducer development; INSERM, Lyon, France). The work of all of the above mentioned 
groups (and experimental and simulation results obtained by our group) indicate that a number of key advances 
have to occur before image-guided HIFU surgery becomes a reality. Published work by the mentioned research teams 
generally agree that the challenges to full clinical implementation of HIFU are primarily those stated in Sect.   1 
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above. There is also general agreement that visualization and guidance will play very important role in the success 
of HIFU thermal surgery. 

7. A PROTOTYPE PHASED ARRAY SYSTEM FOR HIFU 

7.1. System description 
A combined imaging/therapy system utilizing a HIFU-capable phased array and a realtime ultrasound imaging 
system for noninvasive temperature estimation. A description of the two main components of this system is given 
herein. 

7.1.1. HIFU system 
A piezocomposite spherical shape 64-element ID array transducer (Imasonic, France) was used (Fig. 7). A Pentium 
computer was used to control the electronic circuitry responsible for driving the array elements. This circuitry 
provides individual control of amplitude (15 selectable values at 1MHz) and phase (rr/15 resolution at 1MHz) for 
each of the array elements. The experimental data described below were obtained using the experiment setup shown 
in Figure 2. 
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Figure 1. HIFU array. 
Figure 2. Prototype system setup. 

7.1.2. Imaging system 
From an ATL Ultramark 9 imaging system connected to a SUN Sparc 10, beamformed RF-data was collected in 
real time through a custom made VXI-compatible interface. The data was processed in real-time in the Sparc 10 
to provide temperature estimates on a rectangular grid of 64 x 50 samples (38 x 75 mm2). The temperature data 
was displayed using a color-coded overlay on the conventional gray-scale B-scan image and were updated on the 
Pentium monitor every 1.7 seconds. To avoid interference between the HIFU and imaging devices, the image data 
was acquired during a 200 ms interruption of the HIFU system. 

7.2. Experiments and Results 
7.2.1. Lesion Formation 
To characterize our phased-array HIFU system, lesions were created in beef muscle in vitro using varied pulse 
durations. Eleven single focus pulses were delivered 30 mm deep within the tissue, and laterally spaced by 5 mm, 
distributed from -25 mm to +25 mm from the geometric focus of the transducer. The total acoustical power was 
fixed at 200 W (2000 W/cm2 spatial peak intensity in water) and the duration time of each pulse was varied linearly 
between 0.25 sec and 2.75 sec. A long time delay (3 minutes) was given between successive pulses to allow the tissue 
to cool down, thereby avoiding temperature buildup from one shot to the next. The tissue sample was then cut along 
the scanned plane and lesions were observed for pulses with duration higher than 1.25 sec (Fig. 3). It should be 
noted here that the array was focused electronically at the various lesion locations and no physical movement of the 
array or the sample was needed to form the observed lesions. It is interesting to note that the shapes of the observed 
lesions reflected the shape of the focal spot size and the intensity thresholds for lesion formation were consistent with 
the thresholds predicted by Equations 1 & 2 above. A simulation result showing the general agreement between the 
two equations for the 1-10 second exposures is shown in Figure 4. This experiment is very important to our work 
as it demonstrates the ability of our prototype system to cause tissue ablation at depth. Furthermore, it appears to 
validate the mathematical model for thermal dose which will serve as a basis for our treatment planning algorithms. 
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Intensity threshold for lesion creation as a function of pulse width 
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Figure 3. Lesions formed in beef muscle during HIFU 
system preliminary characterization experiment. Figure 4.    Intensity threshold for lesion formation 

(Solid: BHTE and Equation 1. Dashed: Equation 2). 

7.2.2. Image Guidance 

An in vitro beef muscle experiment was performed to characterize the realtime guidance of the therapeutic beam 
based on temperature imaging. The setup was the same as the previous experiment. The HIFU system was driven 
at low power, using a single focal point at range=27 mm, lateral=16 mm. The system was then switched to a double 
focus configuration, at range=27 mm, lateral=6 mm and 26 mm. The HIFU was then switched off, allowing the 
tissue sample to cool down. The temperature estimates are shown in Fig. 5 

To create a lesion, a short-duration (3 sec), high-power (170 W acoustical) therapy pulse was delivered using 
the single focal pattern at lateral=16mm. The sample was cut and a lesion was observed at the expected location 
(35 mm deep within the tissue as shown in Figure 6). 

7.2.3. Damage Assessment 

At the time of writing this report, an experiment was performed where in vitro bovine muscle was electrically heated 
to ablate a spherical volume (18 mm diameter). Ultrasound RF frames were collected before, during, and after 
the heating. Figures 7 & 8 show the ultrasound image of the treated region before and after lesion formation, 
respectively. Clearly, there is significant change in the B-scan image due to the lesion formation where the top end 
of the lesion (closest to the imaging transducer) is clearly visible. Unfortunately, however, the extent of the lesion 
cannot be determined from the B-scan alone. We are currently investigating algorithms for extracting relevant tissue 
parameters that might be correlated with damage. Results of this investigation will be reported in a future report. 

8. DISCUSSION AND CONCLUSIONS 

An overview of the current status and future directions of some of the outstanding research problems relevant to 
interactive image-guided noninvasive HIFU surgey with phased arrays was given. While the physiological basis 
for thermal tissue damage by HIFU is fairly well understood, mechanical effects are not as well understood.48'49 

Nevertheless, there is general agreement that thermal surgery with HIFU can be performed noninvasively in several 
important sites, e.g., prostate. Phased array systems will make it possible to treat tumor sites previously inaccessible 
for therapeutic ultrasound, e.g., liver tumors. Treatment planning based on the BHTE and thermal dose concept 
appear to be valid based on experience in animal models.16 The availability of 3D MRI and/or CT patient data 
sets will allow for patient specific treatment planning and optimization of the transducer array as well as the surgical 
procedure, e.g., scan trajectory, single- or multiple-focus patterns, etc. 

The main challenge remains in developing accurate multidimensional temperature feedback for guidance and 
monitoring of the effects of the HIFU therapeutic beams. While early results on two-dimensional temperature imaging 
based on several imaging modalities are quite encouraging, several limitations still need to be overcome before these 
techniques are fully developed. However, there has never been a time when the promise of this "enabling technology" 
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Important Note: 
In Figure 5 at 15 sec the heating from the single fo- 
cus is evident at range=27 mm, lateral=16 mm. The 
frame at 53 sec shows the lingering heat of the first 
focal point and the initial heating of the double fo- 
cus pattern. The frame at 175 sec shows the spread of 
heat due to conduction as the tissue cooled down. The 
entire sequence of frames can be seen at our web site 
(http://bul.eecs.umich.edu/research/phillipv/uss96.shtml). 
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Figure 7.   Ultrasound B-scan image before start of Figure 8. Ultrasound B-scan image after lesion for- 
heating. mation. 

has been larger. We have presented some results from our experience with our ultrasound-guided HIFU system for 
tissue ablation. Other groups have shown that MRI and X-ray CT can be used in a similar manner. 

Finally, the issue of noninvasive damage assessment will become more and more important as HIFU-based non- 
invasive surgery systems continue to develop. In this area, it is almost certain that X-ray CT and MRI will be 
immensely useful, even though the cost of using them clinically for long-term assessment might be prohibitive. Ul- 
trasound RF data with appropriate signal processing for extracting tissue parameters that may reflect change in 
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tissue state might prove useful in this regard. Work is currently underway to investigate a neural network model for 
damage detection based on diagnostic ultrasound pulse-echo data. 
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ABSTRACT 

Objectives: Compare the muscular parietal heating during high intensity focused ultrasound (HIFU) at different acoustic 
power levels. 
Methods: 3 series of 100 acoustic pulses of same energy hut variable power were applied in vivo on the muscular lumbar 
and abdominal walls in 4 pigs. The target volume was located 47 to 94 mm behind the skin. Two thermocouples were 
inserted into the muscular wall facing the focal point 10-15 mm and 25-30 mm from the skin. The position of the treatment 
head was the same for the 3 series of acoustic pulses. The temperatures in the muscular wall were recorded during the HIFU 
treatment. 
Results: The lumbar muscular wall heating were: at low acoustic power (53 to 67W) 1.5 to 4.0°C, at medium acoustic 
power (532 to 654W) 2.3 to 6.5°C and at high acoustic power (1895 to 2372W) 1.2 to 5.0°C. The abdominal muscular 
wall heating were: at low acoustic power (128 to 163W) 0.5 to 6.5°C, at medium acoustic power (451 to 574W) 2.7 to 
8.4°C and at high acoustic power (1213 and 1545W) 3.3 to 8.5°C. 
Conclusion: During extracorporeal HIFU treatments, the muscular parietal heating is variable among individuals and 
increases with the acoustic power. 

Key words: High Intensity Focused Ultrasound, Acoustic Power, Parietal Thermometry. 

1. INTRODUCTION 

High Intensity Focused Ultrasound (HIFU) destroys tissues by means of a local thermal effect and an acoustic cavitation 
mechanism ' . Clinical trials of transrectal treatment of prostate cancer are currently underway \ To treat deep tumors, such 
as bladder tumors, renal cancer and liver cancer, the ultrasound beam must cross the muscle wall, causing heating of the 
muscle wall'. This heating is poorly defined at the present time, as the authors 24567 have been mainly concerned with the 
temperatures in the target organ. However, it is essential to evaluate this effect in order to prevent the development of 
harmful thermal effects on the muscle wall while maintaining a real effect at the target site. It has been suggested that a low 
intensity acoustic beam would create less cavitation in the intervening tissues than a high intensity one and hence would 
traverse those with less absorption. This study in pigs was designed to determine the influence of the acoustic power of 
HIFU on heating of the muscle wall. 

2. MATERIAL AND METHOD 

2.1 Material 

2.1.1 The transducer 

The Pyrotech is a transducer equipped with 160 piezoelectric ceramics, mounted on a spherical cap, which emit focused 
ultrasound at a frequency of 1 MHz and an adjustable acoustic power ranging from 50 to 6000 Watts. Its treatment head 
can be displaced in 3 dimensions with millimetric precision. The head contains a coupling liquid maintained at a 
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constant temperature of 15 °C. A removable ultrasound transducer is situated in the center. It emits ultrasound at a 
frequency of 3.5 MHz and is used to locate the target organ. 

2.1.2 The animal 

The study was conducted in 4 Large White pigs with a mean weight of 60+5 kg. Before performing ultrasound detection 
of the target organ, acoustic gel was applied onto the previously shaved skin in contact with the treatment head to ensure 
good acoustic conduction. 

2.1.3 Thermocouples 

Model IT18 implantable tissue thermocouples were used (Physitemp Inc., Clifton, USA). 

2.2 Method 

Extracorporeal pyrotherapy was performed on the pigs under general anaesthesia and consisted of: 
- Premedication by IM injection of 15 mg of carazolol and 0.5 mg of atropine sulphate. 
- Induction by IM injection of 10 mg/kg of ketamine, then IV infusion of 10 mg/kg of thiopental sodium and 12 mg of 

vecuronium bromide into a vein of the ear. 
- General anaesthesia was maintained by IV injection of thiopental sodium as required and ketamine via an electrical 

syringe (5 mg/min). 
Endotracheal intubation was performed after induction. 

Three successive series of 100 pulses with different acoustic powers but with the same firing energy were tested on the 
lumbar wall (facing the kidney) and the abdominal wall (facing the liver) of the pigs. The acoustic energy of each pulse was 
71 J and 83 J to the lumbar wall, 250 J and 300 J to the abdominal wall. The firing energy was chosen as the maximal 
value tolerated by the skin at high intensity. The test was repeated on 4 pigs. The acoustic beams were focused at a depth of 
47 to 94 mm below the skin. The acoustic powers were: 53 to 67 W, 532 to 654 W and 1895 to 2372 W over the lumbar 
wall and 128 to 163 W, 451 to 574 W and 1213 to 1545 W over the abdominal wall. Two thermocouples connected to a 
graphic recorder were placed in the muscle wall over the target site and centered on the acoustic beam: one superficial, 10-15 
mm below the skin, and the other deep, 25-30 mm below the skin. The 3 series of pulses were consecutively applied with a 
sufficient time interval to let the tissue cool and return to the initial muscle wall temperature. The target volume was 1 cm3 

with a 1 mm displacement of the treatment head and 5 seconds waiting time between each of the 100 pulses. The target site 
was identical for the 3 acoustic powers tested over each lumbar and abdominal wall. The duration of treatment was 8 
minutes 30 seconds for each series of pulses. The first series was repeated on 2 lumbar walls and 2 abdominal walls. The 
muscle walls were biopsied 3 days after treatment and were examined macroscopically. 

3. RESULTS 

The initial muscle wall temperature, TO, was always 1 to 6 °C lower on the surface (30.8+4.8 °C) that in the deeper tissues 
(34±3.1 °C). An example of thermal recording is presented in Figure 1. The recorded temperatures are presented in Table 1. 

depth: 10 mm 'depth: 25 mm 

H 0 20 40 60 40 

Time (minutes) 

Figure 1: thermal recording for abdominal wall No 3. 
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No Wall FE Pf To Tf |Tf-To To Tf Tf-To 
15mm 25 mm 

83 53 35.5 39.5 4 36.4 39.7 3.3 
1 83 654 35.5 42 6.5 36.4 42.5 6.1 

83 1895 35.5 40.4 4.9 36.4 40.5 4.1 
15mm 30 mm 

71 61 29.5 31.3 1.8 36 39.5 3.5 
2 71 532 26.5 30.5 4 36 39.5 3.5 

71 2176 26 31 5 36 39 3 
71 61 26 29.5 3.5 36 38.5 2.5 

15mm 30 mm 
71 67 32.5 36.3 3.8 37.1 39 1.9 

3 71 580 33.5 37 3.5 37.1 39 2.3 
71 2372 33.5 35.6 2.1 37 38.2 1.2 
71 67 33.7 37 3.3 37 38.5 1.5 

Table la: temperature recordings in the lumbar wall 

No Wall FE Pf To I     Tf Tf-To To Tf Tf-To 
15mm 30 mm 

300 128 29.2 31.5 2.3 34.8 36.5 1.7 
1 300 451 29.2 32.4 3.2 34.8 37.5 2.7 

300 1213 29.5 34.5 5 34.8 39.4 4.6 
15mm 30 mm 

250 163 31.5 32 0.5 36 37.5 1.5 
2 250 574 30 36.5 6.5 36 41.7 5.7 

250 1545 30 35.5 5.5 36 39.3 3.3 
250 163 30 33.5 3.5 36 38.5 2.5 

10mm 25 mm 
250 163 27 29.5 2.5 30.5 34 3.5 

3 250 574 26.5 31.5 5 30.5 35 4.5 
250 1545 26 33.5 7.5 29.8 36.8 7 
250 163 27 29.5 2.5 30.6 32.6 2 

15mm 30 mm 
250 163 32.5 39 6.5 35.5 40.5 5 

4 250 574 32.5 40.9 8.4 35.5 42.5 7 
250 1545 32.5 41 8.5 35.5 41.8 6.3 

Table lb: temperature recordings in the abdominal wall 

Table 1: temperature recordings in the walls 
FE: firing energy, in Joules. 
Pf: power at the focal point, in Watts, corrected for tissue absorption. 
TO: initial wall temperature 
Tf: final wall temperature 
Tf-TO: heating of me wall in degrees Celsius between the start and end of treatment 
... mm: depth of the thermocouple in the wall, in millimeters. 

4. DISCUSSION 

Focused ultrasound induces heating of the muscle wall in the path of the ultrasound beam. The temperatures measured in 
the muscle wall depended on the depth. The surface of the muscle wall was more effectively cooled by the conduction 
liquid, by an average of 7.2±4.8 °C. The temperatures observed in the deeper layer (34±3.1 °C) were close to the pig's 
physiological body temperature of 38 °C. individual variations of temperature TO at the same depth of the muscle wall 
depended on contact time of the treatment head on the skin. This time corresponded to identification of the target site, i.e. 
10 to 30 minutes. 
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Heating of the muscle wall varied by 0.5 to 8.5 °C from one pig to another. This heating did not exclusively depend on the 
acoustic power, as different degrees of heating were recorded at identical firing energies and acoustic powers (for example 
compare the heating in abdominal walls No. 2 and No. 4) 

These differences can be explained by individual variations in tissue echostructure and the energy delivered to the muscle 
wall. Foster and Hunt8 reported that tissue heterogeneity could defocus the ultrasound beam. This risk of defocusing is 
amplified when treating deep organs, such as the kidney, liver and bladder, because of the greater number of tissue interfaces. 
The temperature of the muscle wall depends on the heat generated by absorption of acoustic energy and losses due to 
thermal diffusion at the skin-treatment head interface and tissue perfusion. The architecture, blood supply of the muscle wall, 
and the state of the skin influence thermal diffusion and provide a likely explanation for the individual variations in muscle 
wall heating . It has been shown that the role of blood perfusion at the target site is negligible for firing times less than two 
seconds6. However it does play a role in regulating the temperature of the wall, as acoustic heating of the wall takes place 
during the whole treatment. 

The absence of burns of the muscle wall is due to the short treatment durations of less than 10 min. Longer treatments, 
lasting more than 30 min, could induce unacceptable heating of the muscle wall to a temperature greater than 45 °C. This 
thermal data must be taken into account when determining the duration of treatment with focused ultrasound. 

At high acoustic power, the acoustic heating of the wall is not significantly higher than at low acoustic power. This 
contrasts with the findings of Chapelon9 who showed that at high intensity, less energy was necessary to obliterate tissue 
than at low intensity. The present data suggests that high intensity pulses may be more efficient than low intensity pulses 
for extracorporeal treatment with HIFU. 

5. CONCLUSION 

Heating of the muscle wall increased with the focal acoustic power and varied considerably from one pig to another. 
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ABSTRACT 

Knowledge of the spatial distribution of intensity loss from an ultrasonic beam is critical to predicting lesion formation in 
focused ultrasound surgery. To date most models have used linear propagation models to predict the intensity profiles 
needed to compute the temporally varying temperature distributions. These can be used to compute thermal dose contours 
that can in turn be used to predict the extent of thermal damage. However, these simulations fail to adequately describe the 
abnormal lesion formation behaviour observed for in vitro experiments in cases where the transducer drive levels are varied 
over a wide range. For these experiments, the extent of thermal damage has been observed to move significantly closer to the 
transducer with increasing transducer drive levels than would be predicted using linear propagation models. The simulations 
described herein, utilise the KZK (Khokhlov-Zabolotskaya-Kuznetsov) nonlinear propagation model with the parabolic 
approximation for highly focused ultrasound waves, to demonstrate that the positions of the peak intensity and the lesion do 
indeed move closer to the transducer. This illustrates that for accurate modelling of heating during FUS, nonlinear effects 
must be considered. 

1. INTRODUCTION 

Significant past work has been performed in modeling the formation of lesions created by high intensity focused ultrasound 
surgery (FUS) exposures in tissue. These efforts have generally involved the derivation of a relatively simple form of the 
intensity profile - either in the form of a finite cylinder or a Gaussian distribution1'11 and the incorporation of this distribution 
into either an analytical or an axially symmetric numerical solution of the bioheat equation13. For well behaved single 
lesions, these techniques have worked well. However, it has been demonstrated by Watlrin, et al.13, that as transducer drive 
levels are increased, lesions formed in excised liver tissue move significantly closer to the transducer than would be expected 
from present models. These results also show that the part of the lesion closest to the transducer (the lesion head) becomes 
much wider than the back section (the lesion tail), giving the overall lesion a "tadpole-like" appearance. Finally, above a 
certain transducer drive level, the tail of the lesion remains relatively the same length. While it is probable that cavitation and 
tissue boiling, (for which there is not presently an adequate model for representing the resultant wave scattering), play a role 
in these aberrantly shaped lesions it is essential to understand the contribution of nonlinear wave propagation to this. 

In general nonlinear propagation involves the deformation of a wave due to nonlinearities in the medium. This can be 
viewed as the generation of harmonics of the original fundamental frequency. Non-linear effects can lead to significant 
alteration in the effective attenuation of the medium14, and movement of the position at which power dissipation by the beam 
is a maximum14,15. For the higher harmonics, the acoustic absorption coefficient is greater than at the fundamental, and there 
is therefore an overall loss of beam intensity compared to that which would be predicted from linear propagation models. 
Attempts have been made by Carstensen, et al.1, Dalecki, et al.3, Hynynen, et al.6'16, Swindell", and Watkin, et al.13 to 
incorporate nonlinear effects into their numerical models. 

Baker , has used the KZK (Khokhlov-Zabolotskaya-Kuznetsov) equation to demonstrate that for both plane circular and 
lightly focused circular transducers, the axial peak intensity position shifts significantly towards the transducer with 
increasing drive levels. For these simulations, the Bergen code1, which assumes the parabolic approximation, was applied 
using an axisymmetric geometry. However, the validity of this solution deteriorates in the highly focused configurations that 
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are used in FUS. Criteria developed by Tjotta, et al.20 define the domain of validity for the parabolic equation in these cases. 
For the FUS transducer used in this model, the critical parameters are at the limit of the domain of validity. It is critical to 
understand by how much this computation can differ from the exact solution because the most significant manifestation of 
this type of computational error is a shift in the peak intensity position towards the transducer. This is precisely part of the 
phenomena we are examining. We have therefore first performed these simulations at a very low drive level for comparison 
with the known results from a linear propagation model. 

The energy deposition profiles created from this simulation at several transducer drive levels have been used as inputs to the 
3D finite element thermal diffusion model21 to allow computation of the time varying temperature profiles. The thermal dose 
has been computed for each node, and a threshold applied in an attempt to predict the extent of thermal damage. These 
results have been examined in light of the observations from the in vitro experiments at increasing drive levels. 

2. METHODS 

2.1 Experimental configuration 
Figure 1 shows the configuration described in the in vitro experiments performed by Watkin, et al13. A focused bowl 
transducer with a diameter of 8.4cm and a radius of curvature of 15cm operating at 1.7 MHz was used. Individual lesions 
were formed with the geometric focus of the transducer positioned 2.7 cm below the bovine liver tissue surface. A range of 
transducer drive levels was chosen with a fixed exposure time of 2 seconds. The experiments were performed at 21 ° C. All 
samples were degassed as standard procedure. At each transducer drive level several lesions were created. The shape and 
size of the discoloured region corresponding to the FUS lesion was recorded. An "average geometry" was then derived. 

Tissue Surface 

Degassed Water 
Coupling Medium Bovine Liver Tissue 

Figure 1 - Schematic Diagram of the region modeled in these simulations in relation to the Watkin et al. [1996] in 
vitro experiments (not to scale). 

2.2        Nonlinear propagation model 

2.2.1     Pressure Field Computation 
The Khokhlov-Zabolotskaya-Kuznetsov (KZK) equation22 in a given medium (with index i) can be written as 

2   &x>        2a &t 

C; cköt;      CjCO   dt\ 
•V2 

ixP 
Ji_3V 
PiCj a (i) 

and describes the propagation of sound of finite amplitude, in the "parabolic" approximation, that is, the limit in which the 
variation of the instantaneous pressure in one direction (taken to be the z-direction) is far more rapid than that in the 
perpendicular direction. Here p is the overpressure, (p =P — p0 where P is the acoustic pressure and p0 is the ambient 

pressure).  c; is the speed of sound, Oj is the attenuation coefficient of a wave with frequency f and angular frequency CO, 
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given by (Xj =a0jf , ßj is the coefficient of nonlinearity, and ft is the ambient density of the medium   t f is a retarded 
time 

ti= t—Z/ Ci —toi 
where 10j is a constant chosen to make t i continuous at the boundary between the media, and 

72    ( &  .9 N 

Vj*-{dK2+dl,2. 

(2) 

(3) 

Imposing the coordinate transformations 
/ 

*i = t.--i- 
2Cj tQ+yzJ 

CO (4) 

z 
CT= — 

r0 
(5) 

u =• 
x/a 

(6) 

(7) 
where x and u are coordinates in the plane orthogonal to the z-axis, a is a characteristic transverse measure of the source, 
Y is a parameter of the co-ordinate transformation and r0 the corresponding Rayleigh distance in a reference medium, such 
as water, the transformed beam equation (TBE)20-23 can be derived : 

ö2* &* &i C^p" CTp Cj ^2  rp CTp' 

drfia-0** di +4c0(i+y^   uP' + 2,dIp0(i+ya) dxf (8) 

Here c0 is the speed of sound in the reference medium, P0 is a characteristic pressure of the system, and 

"di- 
Pic 
Hi. (9) 

Pi<aPo 
is the discontinuity length in the medium of a plane wave with pressure amplitude P0. The advantage of this transformation 
is that it is then possible to increase the definition of the model in the region of the focus, within limits indicated by Ystad 
and Bernsten 3 by taking a negative value for y, or to model a diverging beam by using a positive value for y. 

When solving equation (8) in the temporal frequency domain, it is possible to modify the frequency dependence of the 
attenuation to obey the fractional power laws commonly used for biological media. Specific values used were24, for water: 

cw = 1486 ms 

pw =1000 kgm-3 

ßw =3-5 
2 —2-1 —2 aw = a0,wf   withoQ w = 2.5x10     Np m     MHz 

for liver: 

ci =1614 ms -1 

-3 P| =1214 kgm 
p| =4.775 
al = a0,l f wit" a0,l = 4-3Np m~  MHz 
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The initial conditions for the pressure field were derived by evaluating the Rayleigh integral for the source transducer in a 
plane 1 cm from the back of the transducer numerically, and equation (8) was then solved with J chosen to be negative to 
produce a coordinate singularity 180 mm from the back of the transducer in order to improve transverse accuracy in the 
region of the focus. For this implementation the non-axisymmetric Bergen code19 which had already been modified to 
calculate the nonlinear term in the time-domain15 was used to solve equation (8) in a two-layer system. 

It has been shown mathematically for focused ultrasound configurations that the parabolic approximation is valid within the 
focal region when the following conditions are met20: 

d/a»l 

(ka)2/3(2G),/3 > 1 (10) 

For the applications being considered here, both ka (k = 2n/X) and G (the focal gain) are generally large. Thus, the first of 
these two criteria dominates. Simulations have been performed to explore the range of d/a (d is the focal length) for which 
the approximation is valid. Good agreement was found between this solution at a low drive level and that for the linear case 
using the Rayleigh integral for values of d/a as low as 3.5. Quite coincidentally, the d/a value for the transducer used in 
these experiments is 3.57 which is quite close to this limit. Thus, as noted in the introduction, the solution was examined for 
this configuration to see how much of a distortion could be expected. 

2.2.2      Heating Term 
In order to obtain the heat input to the thermal model, it was assumed that most of the energy lost by the sound beam was 
deposited locally in the medium, an assumption which appears justified for liver24. In order to obtain this loss we take the 
plane-wave approximation for intensity, which is valid in the parabolic approximation29, and write 

Iz=7L-l|Pn|2 ÖD 
2P0Cn = l 

where pn is the pressure amplitude of the n     harmonic of the beam, and 

dPn,a 1.266, ,,~ 
—*- = -a|n        bnPn (12) 

dz 
dpn a 

where *— is the variation in pn due to attenuation by the liver. The taper function (b n), used in propagating the beam, 
dz 

artificially increases the attenuation of the highest 15 harmonics and represents attenuation due to the generation of 
frequencies with harmonic number greater than the largest N included in the model25.   The model was run with varying 
numbers of harmonics, to ensure that this use of the taper function did indeed promote convergence and did not distort the 
calculation. We then have for the rate of loss of intensity due to attenuation: 

giz,a 1    v 1266u   I     I2 /•irv 
"T^ =  2>ln bn|Pnl (13) 

dz Poc
n = 1 

2.3 Thermal Model 
The time dependent temperature profiles were computed usng a 3D finite element solution of the bioheat equation12 which 
can be expressed as: 

pC—=KV2T-WbCbT + pd+Pm (14) 
ot 

where p , C , and K are the density, specific heat and thermal conductivity of the tissue, respectively. pd is the power 
absorbed due to the ultrasound exposure from equation (13). Note that this model assumes that the majority of the 
attenuation is due to absorption7-11. T(x,y,z,t) is the spatially and temporally varying temperature distribution. The initial 
environmental condition was a uniform ambient temperature distribution achieved by allowing the excised bovine liver tissue 
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samples to equilibrate to room temperature (21 ° C). In the absence of perfusion and any metabolic processes, the terms of 
equation (14) which include W b, the blood perfusion rate, C b, the specific heat of the blood, and p,,,, the power generated 
through metabolic processes could be ignored. Here the solution to equation (14) is produced using a 3D finite element 
model. For these simulations, the modeled region is initially divided into identical, right-angled hexahedrons each of which 
are subsequently subdivided into 6 equal-volume tetrahedrons. This geometry is ideal for use in the finite element method in 
that the solutions to the required integrations over each volume (required in forming the weighted residual statement) can be 
computed analytically21,26. 

The concept of the thermal dose developed by Sapareto et al.27 to provide a quantitative relationship between temperature and 
time for the heating of tissue and the extent of cell killing produced is also applied here. For temperatures achieved in 
focused ultrasound surgery (generally above 50 ° C), the expression for thermal dose (TD) can be written as: 

TD = £2 (T(t)-43) 
At (13) 

where T(t) is the time-dependent temperature for an arbitrary tissue coordinate (dose contributions for temperatures below 
43 ° C were ignored given their insignificant contribution in comparison with those from the much higher temperatures 
achieved in these simulations). Using this formulation, the thermal dose resulting from heating to 43 ° C for 120 minutes is 
roughly equivalent to that achieved by heating to 56 ° C for 1 second. 

3. RESULTS 

3.1 Pressure amplitude for low drive levels in water 

Figure 2 compares the results of this model run for a low pressure amplitude in water with the same transducer geometry as 
that used by Watkin et al.13 (without attenuation) with numerical evaluations of the Rayleigh integral (which does not involve 
the parabolic approximation). Figure 2a shows the axial variation of the pressure amplitude with the model predictions 
translated 3 mm to the left in order to compensate for the error in the focal position caused by the parabolic approximation. 
Similarly, Figure 2b shows the radial variation of the pressure amplitude 150 mm from the transducer in the case of the 
Rayleigh integral, and 153 mm in the case of the model run. Apart from the necessity for this shift of 3 mm the results agree 
well especially within the focal region. We therefore feel confident in modeling the beams used in the experiments with the 
Bergen code. 
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Figure 2b 

Figure 2 - Comparisons of the pressure field profiles between the KZK nonlinear model and Rayleigh integral at low drive 
levels - (a) axial profile, (b) radial profile at the axial peaks. For clarity, the transmission medium is simply water for this 
comparison 

3.2 Total power loss distribution in bovine liver tissue 
The axial profiles of the total power loss (for all harmonics) are shown in Figure 3a for transducer drive levels of 0.668, 
1.011, 1.642, and 2.274 MPa over the face of the transducer. For these simulations the geometric focal plane was positioned 
2.7cm below the tissue surface. The peak positions for power loss for increasing drive levels were 24.4, 24.9, 24.1, and 23.4 
cm below the tissue surface. This demonstrates an initial slight shift away from the transducer and then a movement back 
towards it. This is consistent with those observations of Baker18. It is interesting to note that the 
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Figure 3 - (a) Axial plots of the total power loss profiles for the four transducer drive levels,    (b) Relative decibel 
plot of each total power loss profile - all profiles are normalized to their respective peak values which are set to +3 dB 
for easy comparison of the 3 dB beamwidth. 

corresponding 3 dB axial beam widths are 7.4, 4.8, 5.1, and 6.0 mm. It would generally be expected that this axial profile 
will become narrower as nonlinear effects become more pronounced17. A detailed view of the relative power loss profile is 
shown in Figure 3b. In going from the 0.668 to 1.011 MPa drive, the 3 dB beam width narrows significantly as expected. 
However, at the two higher drive levels, the beam profile no longer appears Gaussian in nature and the 3 dB beam width 
actually increases to 5.1 and 6.0 mm, respectively. 

33        Temperature modeling and thermal damage 
The total power loss profiles were used as the source input in the 3D finite element thermal diffusion model. The finite 
element model used 15625 nodes (25 nodes in each axis) and 82944 tetrahedral elements. The dimensions of the modelled 
region in the two axes perpendicular to the direction of propagation were 8.4mm with nodal spacings of 0.35mm. The total 
dimension in the direction of propagation was 6.0cm (with a nodal spacing of 0.25mm) of which the first 0.5cm of the mesh 
closest to the transducer was modelled as water with the remainder modelled as excised bovine liver tissue. For all of these 
simulations, the exposure time was 2.0 seconds. The tissue thermal properties used were28,24: 

Bovine Liver Tissue: 
Thermal Conductivity, K : 

density*heat capacity, pC : 
Water: 

Thermal Conductivity, K : 

density*heat capacity, pC : 

0.508 W/m/0 C 

3.81xl06Wsec/m3/°C 

0.603 W/WC 

4.31xl06Wsec/m3/°C 

These were assumed to remain constant for the full experiment duration. Convection in the water was neglected in all 
simulations. A Dirichlet condition, setting the boundary temperatures to the initial ambient temperature (21 ° C), was used. 
This was shown to have no significant impact on the lesion shape formation. 
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Figure 4 illustrates the lesion shapes predicted for the four drive levels with the 2 second exposure times. In general the 
lesions grow in all directions as the drive level increases, with the exception that the growth of the lesion tail slows 
considerably from the third to fourth exposure level. Additionally, beginning with the third exposure level, the diameter of 
the front of the lesion is enlarged with comparison to the tail, possibly contributing to the "tadpole-like" appearance of the 
lesions observed by Watkin, et al.13. However, while the front of the lesions do move forward considerably with drive level, 
the extent of this movement is not sufficient to fully explain that observed in Watkin, et al.13. 

<^ focal 
region 

■> 

Transducer 
drive level 

(MPa) 

2.3 

1.6 

1.0 

0.7 

^ ' liver surface 

160mm 140mm 

towards 
transducer 

Figure 4 - Side-by-side comparison of the single lesions formed from the four transducer drive levels using 2 second 
exposures. 

Figure 5 summarizes the peak temperatures predicted on axis for all four drive levels. It is clear that for the three highest 
drive levels at a minimum tissue boiling, and probably cavitation effects would occur with such high temperatures being 
achieved within the lesion areas. Especially for the two highest levels, temperatures above 100 ° C were achieved within the 
first 0.4 seconds, allowing for significant ultrasound scattering from newly produced vapour bubbles during the remaining 
1.6 seconds of the exposure. 
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Figure 5 - Axial plots of the maximum tissue temperatures achieved for all four transducer drive levels. 

4. DISCUSSION AND CONCLUSIONS 

Application of the parabolic approximation for the prediction of pressure profiles in a highly focused configuration at low 
ultrasonic drive levels yields good agreement with the linear model apart from a nominal shift of the position of the peak 
pressure. The KZK equation was used to compute the spatial distribution of energy deposition which is needed to predict the 
time varying temperature distributions and iso-thermal dose contours. 

For the transducer drive levels and exposure times examined here, the nonlinear model produces lesion shapes that are more 
realistic than the "cigar" shaped lesions predicted using the linear propagation models. However, these results still fall short 
of what is seen by Watkin, et al.13. It is important to note from the maximum temperatures achieved (shown in Figure 5), that 
boiling would have started well before the end of the exposure duration. As the exposure continues after vapour bubbles 
have been formed, the ultrasonic wave will be scattered in all directions about the site of the first ultrasound encounter with 
air bubbles with the bulk of the associated energy being deposited within a small radius. As the point of increased scattering 
is most likely to be at a boiling point close to the transducer, the scattered wave's energy will be deposited in the lesion 
"head", thus tending to increase the energy deposition within this region. This will enlarge the lesion head size while 
simultaneously decreasing the energy deposited near the lesion tail, thus reducing its size. 

In conclusion therefore, we have shown that, in attempting to model the shape and position of FUS lesions induced by 
different exposures, it is necessary to include non-linear effects. However, a complete description of the observed behaviour 
has not been achieved. 
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ABSTRACT 

Introduction: The efficacy of extracorporeal High Intensity Focused Ultrasound (HIFU) on bladder wall  has been 
demonstrated. However, the treatment is still slow, needing about 15 min to treat 1 cm . 
Objectives: Demonstrate the feasibility of HIFU with electronic scanning and reduce the duration of HIFU treatments. 
Methods: The HIFU machine was a modified Pyrotech (Edap-Technomed; France) allowing fast electronic scanning of the 
focal point. Each ultrasonic pulse could scan an adjustable square area ranging from 4x4 mm to 7x7 mm.  On  16 
anaesthetized pigs, 26 areas of the posterior bladder wall were treated with this technique. Target areas were 1.4 to 4.4 cm2 

large. Delays between ultrasonic pulses were ranging from 30 to 65 sec. The treatment durations were 5 to 10 min. Focal 
intensity between 7000 and 11000 W/cm2. The bladder, the rectal wall and the abdominal wall were removed 3 days after 
HIFU treatments and histology was performed. 
Results: 22 lesions were obtained on posterior bladder walls. Necrotic areas were surrounded by a 2 mm edematous rim. 
The sizes of necrotic areas were equal to the target sizes. Depth of lesions extended either over mucosa alone or mucosa and 
deep muscle. 7 superficial rectal lesions were noticed but none in the abdominal walls or on the skin. 
Conclusions: Necrotic lesions on bladder posterior wall can be obtained with HIFU treatments using electronic scanning of 
the focal point. Average treatment duration with electronic scanning is reduced to 3 min 30 sec / cm . 

Key Words : High intensity focused ultrasound, phased array, non invasive therapy, experimental, pig, bladder. 

1. INTRODUCTION 

High Intensity Focused Ultrasound (HIFU) can produce tissues necrosis in depth by a thermal effect and a mechanical effect 
cavitation '. Their efficacy on bladder wall has been demonstrated ' . Superficial bladder tumors visible with echography 
have been treated successfully5 6. However, these treatments were slow. Because of the small size of the focal point, 15 to 
20 minutes were necessary to treat a 1 cm3 tissue volume4"6. The purpose of this study was to demonstrate HIFU feasibility 
with electronic scanning on bladder wall, while reducing HIFU treatments duration. 

2. MATERIAL AND METHOD 

2.1 Material 

The ultrasound source was the Pyrotech. The treatment head contained 160 flat round ceramics. The ultrasonic frequency 
was 1 MHz and the acoustic power was adjustable between 50 and 6000 Watts. The treatment head was mobile with a 
millimetric precision. In the treatment head, the coupling liquid was maintained at a. constant 15°C temperature. An 
ultrasound probe placed in the center of the treatment head allowed to locate the bladder wall. During an acoustic pulse, the 
treated surface was chosen between 4x4 and 7x7 mm. 

16 female Large White-Land Race pigs (body weight: 50 to 70 kg) were used for this experience. 
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2.2 Methods 

During HIFU treatments, pigs were anaesthetized. The premedication was a carazol (0.15 mg) and atropine (0.5 mg) i 
intramuscular injection. After perfusion of an ear's vein, the induction was the addition of an intravenous injection of < 
thiopental (10 mg/kg) and vecuronium bromide (12 mg). The animals were intubated under direct vision with an ; 
endotracheal tube. Anaesthesia was maintained with intravenous thiopental. '  . 

The skin in front of the bladder was shaved. The coupling between the skin and the treatment head was ensured by an 
acoustic gel. 26 areas on the posterior bladder wall have been treated in 16 pigs. The target was located 33 to 62 mm in 
depth. During each impulsion, the treated surface was chosen between 4x4 mm to 7x7 mm. Nine contiguous pulses were 
used to treat areas ranging from 1.4 to 4.4 cm2. Delays between ultrasonic pulses were ranging from 30 to 65 sec. 
Treatments duration were 4.5 to 10 min long. Focal intensities were chosen between 7000 ä 11000 W/ cm2. HIFU 
treatments parameters are summarized in table 1. 

Focal depth (mm) 33-62 
Volume (cm ) 1.4-4.4 
Focal spacing (mm) 4-7 
Time delay (s) 30-65 
Pulse duration (s) 0.7-3.9 
Treatment time (min) 4.5-10 
Focal intensity (W/cm2)                                 7000-11000 
Focal energy (kJ/cm2) 2.6-7.7 

Table I: HIFU parameters for bladder treatment. 

The bladder, the rectal wall and abdominal wall were removed 3 days after HIFU treatment. They were fixed with a 10% 
formalin solution and a microscopic examination was then performed if a macroscopic lesion was noticed. 

3. RESULTS 

22 lesions (84 %) were obtained on posterior bladder walls. Necrotic areas on the bladder were surrounded by a 2 mm 
edematous rim. The sizes of necrotic areas were equal to the target sizes. 7 rectal ulceration's were noticed (27 %), but no 
perforation or peritonitis. Microscopic examination showed constant edema in the submucosa and bladder mucosa, while 
deep muscle was inconstantly necrosed (15%). Histological examination of the rectal ulceration showed constant necrosis of 
the mucosa and inconstant necrosis of the muscular. We didn't notice any skin or abdominal burns. 

4. DISCUSSION 

This study has shown the feasibility of electronically scanned HIFU for bladder wall destruction in vivo. The success rate 
for bladder destruction was 81%. Failures were due to lack of energy at the focus or wrong targeting. The small thickness of 
the abdominal wall and the presence of urine in front of the target point is favorable for localization and tissue destruction. 

Moreover, electronic scanning reduced significantly treatments duration. 10 to 15 minutes were necessary to treat a 1 cm3 

volume with mechanical scanning4'5, whereas 2 or 5 minutes with electronic scanning in pigs. This confirms Fan's studies 
and the interest of phased arrays7. 

Histological destruction's were similar to those previously described °: mucosal necrosis, muscular edema or necrosis. 
Muscular destruction depend on focal energy, position of the focal point and importance of the cavitation which also 
depends on focal intensity. 
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HIFU treatments have limited side effects. Rectal burns (26%) have several explanations. The focal point could have been 
positioned to deeply in the bladder wall which is very thin: 5 to 10 mm. Its position may vary with focal intensity 8. 
Watkin recommended not to place focal point to deeply in bladder wall . Nevertheless, we didn't observe severe digestive 
complications. In humans, the bladder's thickness and the superposition of the focal point with the tumor basis will reduce 
the risk of rectal burns. 

5. CONCLUSION 

Necrosis can be created on the bladder wall through a HIFU treatment using focal scanning. Average time for such treatment 
is reduced to 3 min 30 sec / cm2. Electronic scanning should reduce treatments duration for superficial bladder tumors 
imaged by echography. 
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ABSTRACT 

Aim: This study investigates whether it is possible to occlude blood flow in vivo using high intensity focused 
ultrasound surgery (FUS). Such an effect could be used in the non-invasive treatment of fetal dysfunctions. 
Methods: A high power 1.7 MHz, ISO mm focal length, piezoelectric ultrasound transducer was used to expose 
femoral vessels to an array of exposures (free field Isp 4660 Wem'2 for 2s) under terminal anaesthetic. Before and 
after FUS exposure, magnetic resonance (MR) FISP 3D angiograms and FLASH 3D images, with sub-millimetre 
in-plane spatial resolution, were acquired using a Siemens Vision MR System (1.5T) and extremity coil. Post FUS, 
images were acquired before and after contrast agent administration. 
Results: In n=10 studies, MRA showed reduced blood flow in the treated region and distal to this. In occluded 
cases, FLASH images showed negligible contrast agent distal to the treated region. 
Conclusion: Our ability to curtail blood flow using FUS allows the possibility of non-invasively treating feto-fetal 
transfusion syndrome by occluding the placenta! shunt vessels responsible for the vascular imbalance in twins 
sharing a placenta. This would have advantages over currently available interventional treatments (surgery or 
intrauterine lasers), which have significant related mortality and morbidity. 

Keywords: focused ultrasound surgery, vascular occlusion, fetal medicine, magnetic resonance imaging 

1. INTRODUCTION 

Focused ultrasound surgery (FUS) has been used since the early 1940's to create soft tissue damage at depth, via 
heating or cavitation, without damage to overlying tissues1-2,3,4. This provides the basis from which FUS has been 
used as a non-invasive treatment for a variety of conditions3 in neurology6, oncology7,1, ophthalmology9, and 
urology10". 

The interaction between FUS and blood flow has been studied by various groups. The reduction of damage around 
large well perfused vessels has been demonstrated12,1314, as has the perfusion independence of the extent of FUS 
damage for exposures less than 2 seconds in duration13,13. In studies of soft tissue exposure, damage to large blood 
vessels was initially only reported at ultrasonic exposures above the acoustic cavitation threshold16'17. Exposures 
below this threshold have been shown to damage vessels less than 200 |im in diameter1'. Recently, the potential 
adverse effects of blood vessel damage caused by intensities believed to be above the cavitation threshold (5800 
Wem"2 at 1.49 MHz) have been highlighted19. Vascular occlusion of veins was first studied by Delon-Martin et al20 

using 7 MHz FUS, at a spatial peak intensity 167 Wem"2 for 3 seconds to induce thrombosis as an experimental 
model for the study of the FUS treatment of varicose veins. More recently, using magnetic resonance (MR) 
imaging to target the renal artery of rabbits non-invasively, Hynynen et a/19 showed that vessels up to 0.7 mm 
diameter could be blocked using a spatial array of exposures at two FUS intensities. Firstly, exposures at a spatial 
peak intensity of 6500 Wem"2 for Is were targeted at and around a renal artery. Once temporary occlusion was 
achieved, a second series of exposures at 2800 Wem"2 for 10 seconds were applied to the same area. Each exposure 
was separated by 0.7 mm. Computed tomographic (CT) angiography was used to show vessel blockage and MR 
imaging demonstrated infarction damage to the kidney up to 7 days after exposure.   This multiple exposure 
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technique using two different intensity levels was thought to be effective because the high power exposures 
stemmed the blood flow and the lower power exposures produced thermal coagulation. CT angiograms showed 
constriction of the renal artery, but the underlying reason for this is unclear. Compression due to oedema in the 
surrounding tissue cannot be excluded as the cause. Hence, the mechanism(s) by which occlusion was achieved are 
not understood. 

Our intended application for FUS occlusion is in the treatment of vascular malformations in fetal medicine. Thus, 
prior to this in vivo investigation, tissue characterisation measurements, using the method of Bamber and Bush21, 
were performed on ex vivo human placental tissue. The results showed that the attenuation coefficient of placenta, 
which is highly vascular, is close to one third that of ex vivo ox liver. Thus, in these experiments, an in situ 
spatial peak intensity of 4660 Wem"2 was used. This is three times that currently used in a phase I clinical trial at 
the Royal Marsden Hospital to create lesions in soft tissue tumours (1490 Wem'2). 

The model selected for the study of vascular occlusion was the rat femoral vessels because they are the most 
appropriately sized rodent vessels which are easily accessible to ultrasound. This choice is considered further in 
the discussion. 

In this paper, an occluding effect of FUS at 1.7 MHz is shown. An array of eight exposures at a single intensity 
level (4660 Wem"2) was used to demonstrate the technique. A subsequent study is currently in progress to 
determine the minimumv single shof intensity and exposure duration capable of producing predictable occlusion. 

The FUS system employed in this study has the potential for use in the investigation of vascular occlusion for the 
treatment of fetal vascular malformations, for the occlusion of major supply vessels in tumours, and possibly for the 
treatment of internal bleeding. The ability of the MR techniques in the assessment of blood flow and soft tissue 
damage is discussed, along with the benefits of using a contrast agent. 

2. METHODS 

The focused ultrasound surgery (FUS) equipment used for this work has been described fully elsewhere4. Briefly, 
the ultrasound source used was a spherically shaped piezoelectric ceramic (PZT4) crystal with a radius of curvature 
of 15 cm and diameter of 10 cm (Channel Industries, Santa Barbara, USA). The fundamental frequency of the 
transducer is 0.56 MHz and it was driven at its third harmonic to give an operating frequency of 1.69 MHz. A 
signal generator (Hewlett Packard Model 33120A) provided a continuous sine wave drive voltage at a peak-to-peak 
value of IV. A digital oscilloscope (Fluke PM3380B) and digital frequency meter (Thandar TF 600) monitored the 
voltage, current and frequency of the signal applied to the transducer. A variable attenuator (Hatfield Instruments 
Type 2105) allowed the power of the drive signal to be reduced in ldB steps. The resulting signal was transmitted 
via a radiofrequency power amplifier (ENIA300, amplification +55 dB) and coupled from the 50W drive circuit to 
the 12W transducer by a matching transformer. A perspex cone attached to the ultrasound transducer was used to 
support a bag of degassed water to allow acoustic transmission. Radiation force balance and acoustic hydrophone 
measurements demonstrated that the addition of the cone did not measurably alter the ultrasonic field. 

All intensities quoted in this paper are free field spatial peak values determined using radiation force balance 
measurements and hydrophone measured beam profiles according to the method described by Hill22. The errors in 
their measurement are within 10%. 

All experiments were carried out in accordance with Home Office regulations. Animals were anaesthetised using 
an intraperitoneally administered aqueous solution containing hypnorm (1.25mg/ml midazolam.HCl) and 
hypnovel (0.079 mg/ml fentanyl citrate & 2.5 mg/ml fluanisone) at an initial dose of 2.8 ml/kg. Additional doses 
were given to maintain anaesthesia, for a maximum duration of 2 hours. The animals were not allowed to recover. 
Immediately after induction of anaesthesia, a small incision was made in the skin covering each thigh, revealing 
the superficial femoral vessels. This was performed firstly because the highly absorbing skin lies too close to the 
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target vessels to allow application of FUS without producing a skin burn, and secondly to allow visualisation of the 
vessels for targeting. 

The femoral artery and vein in one thigh of CBH/CBI rats (196 ± 35 g, male & female) were exposed. Both rear 
limbs were submerged in a small tank of degassed water (25-30°C). The transducer was attached to a gantry which 
allowed full 3D positioning4, and was located such that the focal depth was set 5mm beneath the tissue surface to 
minimise the risk of the mechanical forces associated with the ultrasound perforating the exposed vessel walls. The 
small tank of degassed water was filled so as to ensure that the cone water path was in good acoustic contact. This 
arrangement was used to avoid applying pressure to the femoral vessels during FUS exposure. The focal depth was 
set using a mechanical pointer. 

In a preliminary study, six animals were used to refine the FUS application technique and to determine the 
optimum MR sequences for blood flow and tissue damage assessment. Data from these studies are not reported. A 
further ten animals were then treated and assessed identically, as a pilot study of FUS vascular occlusion. 

Eight exposures were placed in two rows of four at a spatial separation of 2 mm, along the femoral vessels, in the 
order and position demonstrated in Figure 1. The exposures used were free field spatial peak intensities of 4660 
Wem'2 for 2s, with a 15-20 second delay between shots. 

Femoral 
Aneiy 

Saphenous 
branch 

Magnetic resonance images were obtained before and after 
ultrasound treatment to allow assessment of the FUS induced 
changes. For each animal the unexposed contralateral thigh served 
as an additional experimental control. The animals were imaged 
with a Siemens Vision MR System (1.5T) using a Siemens 
extremity coil. FISP-3D magnitude contrast angiograms 
(TR=50ms, TE=14ms, Fl=15°, FOV= 100x200mm, Ma=128x256, 
NEX=2) with an in-plane spatial resolution of 0.78x0.78mm and 
1.0mm slice thickness were used to measure signals only from 
flowing Wood. Fat suppressed FLASH-3D images (TR=33.8ms, 
TE=5ms, Fl=20°, FOV= 100x200mm, Ma=128x256, NEX=2) with 
the same resolution were also acquired. 

After FUS exposure, MR data were obtained both before and after 
the intravenous administration of 0.05 mmol/kg of polylysine-Gd- 
DTPA (48.7 kD molecular weight) blood pool contrast agent 
(Schering AG, Berlin). The contrast agent in the blood reduces the 
longitudinal relaxation time and subsequently enhances the signal 
ratio in images. The MRA data were used to assess vascular 
patency by comparing the FUS exposed thigh with both the contra- 
lateral thigh and the appearance of the vessels in the treated thigh 
before exposure. Subtraction of the 3D FLASH image datasets 

obtained pre-contrast from those obtained post-contrast yields information about the vasculature because only 
perfused regions appear hyperintense, due to the presence of contrast agent. The relatively large molecular weight 
of Gd-DTPA-PL means that the agent remains predominantly intravascular prior to renal excretion. 

Maximum intensity projection (MIP) post processing was used to yield 2D representations of the full 3D datasets 
for analysis. Both the MR images shown in this paper are of this nature. 

Figure      1. Schematic      diagram 
demonstrating the approximate location of 
vessels in the rat thigh, and the positions in 
which ultrasound exposures were placed 
when an array of exposures was produced. 
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3. RESULTS 

In this study, using arrays of lesions (I,,, = 4660 Wem"'), ultrasound damage was visible immediately after FUS 
exposure in all 10 animals. Damage was eharaeterised by pallor in the vessels, and was usually associated with the 
inability to observe pulsatile flow in the femoral artery. Also there was a whitening of the surrounding muscle where 
it had been exposed to FUS. In 8/10 cases vessel rupture resulted in a local haemorrhage during exposure. In all 
cases, the bleeding had ceased before the final exposure. 

The post-ultrasound MR angiogram (MRA) suggested significantly reduced blood flow in the exposed thigh 
compared with both the pre-ultrasound MRA and the contralateral (unexposed) thigh in 9/10 animals. The MRA 
sequence obtained after contrast agent administration yielded an improved signal to noise ratio, but did not 
significantly enhance the sensitivity of blood flow detection. One animal exhibited no signs of occlusion. In this 
case, visual inspection showed that the vessels had been mistargeted. 

Figure 2 shows a typical contrast enhanced MRA post-FUS, suggesting total cessation of flow in the exposed left 
thigh (arrowed). The unexposed side shows the typical appearanceof a normal limb, with much smaller vessels 
visible distal to the femoral vessels. The corresponding FLASH 3D subtraction image showed some localised 
enhancement in the FUS exposed area (arrowed in Figure 3) with negligible enhancement observed within the rest of 
the thigh. Further sets of images acquired over a 30 minute period (not shown) suggest that this region of 
hyperintensity was caused by the slow diffusion of contrast from the haemorrhagic region into interstitial spaces. 
Again the unexposed side of the image has the typical appearance of a normal limb. Despite the slight contrast 
leakage, the result of this study was deemed to be that of total occlusion since the blood flow had been completely- 
curtailed. In total 4/10 thighs were observed to be similarly occluded. 

Figure 2 shows  a  typical  contrast enhanced MRA 
image post-FUS exposure, suggesting total cessation of 
flow in the exposed left thigh (arrowed). 

Figure 3 A subtracted FLASH image (post- minus pre- 
contrast) from the same study as in Figure 2. Contrast 
agent can be seen in the FUS exposed area (arrowed). 
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In contrast to this total occlusion, 5/10 studies yielded MRA images which detected no flow distal to the FUS 
exposure region. However, the corresponding subtracted FLASH images showed the presence of contrast agent 
within vessels immediately distal to the exposed region. These studies were assessed to have produced only partial 
occlusion. 

In summary, no occluding effect was observed in one animal, visual inspection revealed that this had been 
mistargeted, sparing both femoral vessels. In 9/10 studies total or partial occlusion was achieved. Thus, the 
potential for ultrasound to occlude the femoral vessels has been demonstrated. 

4. DISCUSSION & CONCLUSIONS 

The ability to occlude blood flow in large vessels using non-invasive focused ultrasound surgery allows the possible 
treatment of conditions caused by abnormal blood flow. Many applications can be foreseen, including the treatment 
of tumours via vascular disruption; the treatment of internal bleeding in the brain, abdominal organs, and deep 
within muscle (e.g. for the treatment of varicose veins); and the treatment of disorders common in fetal medicine. 
In particular, we are interested in the treatment of feto-fetal transfusion syndrome (FFTS), a condition arising in 
the mid-term of multiple pregnancies which results in the death of both fetuses in >90% of cases, if left untreated. 
Presently, the only available treatments are serial amnio-reduction (survival rate 64%) under general anaesthetic or 
more recently intrauterine laser surgery under local anaesthetic (survival rate ~53%)23, both of which have 
significant related mortality and morbidity. Recent studies, which show a single placental shunt vessel up to 3 mm 
in diameter to be responsible for the abnormal blood flow which causes FFTS24, lead us to be optimistic that 
diagnostic ultrasound guided FUS may offer a non-invasive treatment, probably without the need for anaesthetic. 

This study was designed to investigate the effect of FUS in vivo. The rat femoral vessels were chosen as the blood 
flow model because they are the most appropriately sized vessels (the artery is -0.5mm and the vein is around 
1.5mm) for the study of placental blood flow. These vessels are easily accessible to ultrasound and to visual 
inspection and targetting, requiring only a minor skin incision to externalise them. Also, the thigh should invoke a 
collateral circulation in response to FUS occlusion of the femoral vessels. The limb should dilate other blood 
vessels to compensate for the lost supply in order to ensure the limb remains perfused and viable, thus allowing a 
series of survival experiments to be performed. 

The ability to occlude blood vessels in vivo with an array of multiple spatially separated FUS exposures at a single 
intensity, has been demonstrated in 9/10 rat femoral vessels. This is in general agreement with the results obtained 
in rabbit renal arteries by Hynynen et a/" using dual intensity arrays. Our results show that arrays of multiple 
exposures at 4660 Wem' were relatively effective, producing total occlusion in four and partial occlusion in five 
out of ten rats. However, the high incidence of haemorrhage (8/10) suggests that the power level used may have 
been excessive. Haemorrhage is likely to have been responsible for the diffusion of contrast agent into the treated 
area as shown in Figure 3. In cases where only partial occlusion has been observed (5/10), as a result of the 
presence of contrast agent in vessels distal to the FUS exposed region, it is possible that collateral blood supply 
from unexposed regions of the limb contributed the observed contrast enhancements. This warrants further 
investigation. 

We have demonstrated that MR imaging can be used to assess the efficacy of FUS occlusion using sequences to 
detect flow and the presence of contrast agent. The use of such a blood borne contrast agent may be essential to 
acquire information about the continuity of vasculature. We have demonstrated that the subtracted FLASH 3D 
images, which are sensitive only to the effects of contrast agent, may not be relied upon in isolation because 
contrast agent can appear in vessels distal to the FUS exposed region due to what is believed to be collateral blood 
flow. Combining these with FISP 3D MRA data, which is a measure of blood flow only, appears to be a reliable 
method of assessing vascular occlusion. CT angiography is not available for experimental use. 

A more refined approach to FUS induced vascular occlusion would be to use a single exposure. Experiments to 
determine the minimum intensity and exposure time which can predictably cause occlusion in both the femoral 
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artery and vein are currently underway. Furthermore, if FUS is to be a viable treatment for FFTS, the abnormal 
blood flow must remain occluded from mid-term to as close to full term as possible (-25 weeks). It is hoped that 
our current survival experiments using the rat femoral vessel model will lead to clinical application of the 
technique. 

It is not clear whether the highest intensity used in this study (4660 Wem"2) is below the cavitation threshold and 
therefore we are developing methods for the non-invasive detection of cavitation to help elucidate the mechanism 
by which FUS can produce occlusion. 

In conclusion, we have demonstrated an occluding effect of FUS in vivo at a frequency used to treat tumours at 
depths up to 12 cm within the body. We believe this effect can be exploited to treat conditions where alternative 
invasive treatments have high associated risks of mortality and morbidity. 
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ABSTRACT 

Introduction: High Intensity Focused Ultrasound (HIFU) is a minimally invasive therapy which can produce tissues 
necrosis in depth by a local thermal effect. 
Objectives: Evaluate the effect of extracorporeal HIFU with electronic scanning in the treatment of pig kidney. 
Material and method: The kidney of 12 pigs were treated in vivo under general anaesthesia by extracorporeal HIFU. The 
HIFU machine was a Pyrotech (Edap-Technomed; France) modified with a fast electronic scanning of the focal point. Each 
ultrasonic pulse thus scans a square area of adjustable dimensions from 3x3 mm to 5x5 mm. An ultrasound probe inserted 
in the treatment head, allowed the localization of the target into the kidney. The volume treated in the kidney was 1.4 to 
2.6 cm3. The delay between the ultrasound pulses were 40 to 60 s. The treatments duration varied between 9 to 16 min. 
The kidneys were removed 3 days after the HIFU treatment and analyzed in histology. 
Results: 7 kidneys had homogeneous necrotic lesions. The volume of the lesions corresponded to the treated volume. 3 
kidneys had partial necrotic lesions, with non treated inclusions. In 2 kidneys, no lesions were found. Skin burns were 
observed on 2 pigs. 
Conclusion: Extracorporeal HIFU with electronic scanning can produce tissue necrosis into pig's kidneys. This treatment 
could be used in human as a non invasive therapy of small kidney's tumors less than 30 cm3 of volume. 

Keywords: High intensity focused ultrasound, phased array, non invasive therapy, experimental, pig, kidney. 

1. INTRODUCTION 

High Intensity Focused Ultrasound (HIFU) can produce tissue necrosis in depth by a local thermal effect. If focal intensity is 
high enough, mechanical damages due to boiling and/or cavitation can appear '. Bladder, renal and hepatic tumors imaged 
with ultrasonography, have been treated with extracorporeal HIFU 2'3. But these treatments were slow because of the small 
necrosed tissue volume induced by each pulse4 . 15 to 45 minutes were necessary to treat a 1 cm3 tissue volume3'4,8. 
Treatment simulations have shown that increasing the focal volume and reducing the number of pulses could theoretically 
offer significantly shorter treatment time 5'6. Necrosed tissue volume can be enlarge by electronic scanning of the focused 
beam. The purpose of this experimentation was to show the feasibility and interest of this technique in vivo. 

2. MATERIAL AND METHOD 

2.1 Material 

12 female Large White-Land Race pigs (body weight between 50 and 70 kg) were used for this study. 

The ultrasound source was a modified Pyrotech (Edap-Technomed, France). Its treatment head contained 160 flat round 
piezoelectric ceramics, operating at a frequency of 1 MHz. The acoustic power was adjustable between 50 and 6000 Watts. 
The treatment head was mobile with a millimetric precision. Inside, the coupling liquid was maintained at a constant 15°C 
temperature. The target volume could be imaged with an ultrasound probe inserted in the center of the treatment head. 
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During each pulse, the scanned tissue volume could be chosen between 3x3x10 mm and 15x15x10 mm. Treatment of a 
larger volume required multiple exposures with movement of the treatment head. 

2.2 Method 

During HIFU treatments, pigs were anaesthetized. The premedication associated a carazol (0.15 mg) and an atropine (0.5 
mg) intramuscular injection. After catheterism of an ear vein, the anaesthesia was induced with intravenous thiopental (10 
mg/kg) and vecuronium bromide (12 mg). The animals were intubated under direct vision with an endotracheal tube. 
Anaesthesia was maintained with intravenous thiopental. 

The pigs were placed on the right side to treat the left kidney. Before locating, the skin over the kidney was cleaned and 
shaved. The acoustic coupling between the treatment head and the skin was ensured by an acoustic gel (KY Lubrificating 
Jelly / Johnson & Johnson). 

The ultrasound exposure parameters are summarized in table 1. The scanned volume during each pulse was 3x3x10 mm, 
4x4x10 mm or 5x5x10 mm. Focal intensity have varied from 9000 to 11000 W/ cm2. 9 to 16 pulses were applied 
contiguously in a square array to treat the target volume. Delay time between each pulse, depending of acoustical power, 
depth of the kidney and scanning size, varied between 40 and 60 seconds. Treated volumes varied from 1.4 to 2.6 cm3. 
Treatments were 9 to 16 minutes long. 

Focal depth (mm) 49-57 
Treated volume (cm3) 1.4-2.6 
Focal spacing (mm) 3-5 
Delay time (s) 40-60 
Pulse duration (s) 0.6-1.4 
Treatment time (min) 9-16 
Focal intensity (W/cm2) 9000-11000 
Focal energy (kJ/cm2) 4-6 

Table 1. Acoustic parameters for HIFU treatment on kidney. 

Kidneys were removed 3 days after treatment according to a surgical procedure. The animals were then sacrificed by 
barbiturate overdose. Spleen, bowels, lung and abdominal wall were systematically examined for macroscopic injury. The 
samples were fixed in a 10% formalin solution. Hematoxylin-eosin-saffron stain was used for microscopic examination. 

3. RESULTS 

Tissue damages were obtained in 10 kidneys (83%). The tissue necrosis was homogeneous in 7 cases (58%) and 
corresponded to the theoretical treated volume. In 3 kidneys (25%), necrosis was heterogeneous with areas of edematous 
congestion between small necrosis volumes. Around well delimited necrosis, renal fibrosis was often seen. Renal 
destruction's have been created with the 3 tested scanning sizes. 

In 2 kidneys (16%), no damage was seen. 2 skin burns of first degree (16%) were noticed during this study. Around the 
kidney, no organ has been damaged. 

4. DISCUSSION 

This study has shown that HIFU with electronic scanning can produce renal necrosis in vivo. As demonstrated by Fan 5', 
enlarging the focus size can decrease treatments duration. 25 to 100 pulses were necessary for mechanical scanning of the a 1 
cm^ target ' •'', whereas 4 pulses can now be used to treat the same volume with electronic scanning. The treatment of a 1 
cm renal tissue volume is then 4 min 30 s to 8 min long. These treatment time variations depend on the scanning size, 
focal intensity and depth of the target. 
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The partial tissue necrosis can have two explanations: a loss of energy when the acoustic beam pass through the abdominal 
wall and the destruction mechanism. When high focal intensities are used, cavitation at the focus is important and can be an 
obstacle to the homogeneity of the lesion10. Skin burns were the consequence of too short time delay between two pulses, 
when compared with focal intensity and energy. The repetition of ultrasonic pulses can also lead to a temperature elevation 
of the abdominal wall with irreversible damage of the deep muscle. Delay time between each pulse have to be optimized. 

5. CONCLUSION 

Extracorporeal HIFU with electronic scanning can produce tissue necrosis into pig's kidneys. Treatments duration are 
significantly reduced. Electronically scanned high intensity focused ultrasound could be used in human for non invasive 
therapy of small kidney's tumors less than 30 cm3. 
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ABSTRACT 

A prototype extra-corporeal focused ultrasound surgery device has been built and tested extensively in model systems both in 
vivo and ex vivo. A phase 1, normal tissue toxicity trial is now underway. Patients with soft tissue tumours lying 4 - 12 cm 
below the skin surface are being treated using a dose escalation technique. An in situ "ablative intensity" (AI) has been 
established from preclinical studies. This was found to be 1500 Wem"2 for up to 3 seconds at 1.7 MHz. Groups of three 
patients are being treated at doses rising from 25% AI through 50%, 63%, 80%, 100% to 125%AI for 1 second. Finally, 2 
and 3 second exposures will be used for the two highest doses. Patients receive no sedation or anaesthetic. Target sites 
include all soft tissue tumours, especially those of the prostate, kidney and liver. Patients are examined for skin erythema, 
and are asked to complete pain and symptom questionnaires prior to treatment, immediately after treatment, one week and 
one month later. Patients receive a diagnostic ultrasound scan before and immediately after exposure, and after 1 week. 
Those at the highest dose levels are also offered a magnetic resonance scan. 

Keywords : ultrasound therapy, hypothermia, cancer therapy 

1.   INTRODUCTION 

The typical millimetre wavelength of Megahertz ultrasound in tissue allows high intensity ultrasonic beams to be 
brought to a tight focus close to their source1. It is therefore possible to arrange for the focus from an extra-corporeal 
transducer to lie at depth within the body. If the intensity at the focus is sufficiently high, the cells within this volume are 
killed, whilst cells lying elsewhere in the beam survive. The mechanism for cell killing is primarily thermal, temperatures in 
excess of 60°C being reached rapidly during the 1-3 second exposure. The principle of this technique, known variously as 
focussed ultrasound surgery (FUS) or high intensity focussed ultrasound (HIFU), is shown in fig. 1. 

At a frequency of 1.7 MHz, typical dimensions of the approximately elliptically shaped damaged tissue volume are 15 
mm in length, and 1.5 mm in diameter. 

FUS was first developed in the 1940's, the original application being the selective destruction of targets in the brain 
to aid behavioural studies in animals". Since that time, its application has been investigated in a number of clinical sites. 
Despite early reported promise for FUS treatment of Parkinson's disease4,5 this was not widely taken up because of the 
simultaneous development of L-dopa therapy for this condition. Ophthalmological applications of FUS, which include 
treatment of glaucoma and sealing of retinal tears6,7 have suffered a similar fate with the advent of medical lasers providing 
alternative techniques. 

There has been a resurgence of interest in the clinical usage of FUS. This is due in part to improvements in imaging 
techniques which now allow accurate targetting and monitoring of the tissue volume of interest. Apart from the 
ophthalmology applications in FUS8 recent clinical interest has been predominantly in the treatment of benign prostate 
hyperplasia (BPH). Trans-rectal applicators have been designed for prostate treatments, and these have been used in early 
clinical^trials. Two commercial devices have been used. In one, a 4 MHz transducer was used for both imaging and 
therapy . The whole 30 x 22 mm crystal was used for therapy with only the central portion (diameter 12 mm) being used for 
imaging. Single shots of 4s duration were placed side by side in the prostate, 12 seconds being left between adjacent shots. 
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The second device10 consists of a 2.25 MHz therapy transducer and a retractable 7.5 MHz imaging probe.   In clinical 
treatments using this device, 4s shots are separated by 10 second intervals. 

Transducer    Skin surface 

Ablated volume 
(all other tissue is 

undamaged) 

Water 
Figure 1. Schematic diagram showing principle of the extracorporeal FUS technique. 

Early results for clinical trials of the efficacy of these trans-rectal devices in the treatment of BPH9'11'12 showed initial 
improvement in symptom scores, maximum flow rates and post-void residual volumes (PVR), with these regressing slightly 
over two years, but with some improvement being maintained. In one study (13 patients)" the average symptom score 
dropped from 23 to 5 at one year, and was 7 after 2 years, mean flow rates increased from 9.9 ml/s to 14.2 ml/s at 6 months, 
15.8 at 1 year and 10.6 after 2 years. The mean PVR was 86.1 ml before treatment and 18.1 ml at 2 years. 

All these studies employed either spinal or general anaesthesia. Acute retention was encountered in all three trials, with 
the incidence varying from 8%" to 92%12. Other adverse reactions seen included haematospermia912, gross haematuria9'12, 
dysuria9, microhaematuria9, urinary tract infection12.and epidyidymitis12. 

Trans-rectal devices have also been used for the treatment of prostate cancer. Madersbacher et al12 treated 10 patients 
with 4 MHz ultrasound at intensities in the range 1260 - 1680 Wem"2. 'Total cure" was reported in 3 patients, and "partial 
cure" in 7. Gelet et al1* report an early study of the treatment of prostate cancer in 14 patients. They reported satisfactory 
local control in 50% of cases. 

Some sites that can not easily be reached by a trans-rectal route may be treated using an extra-corporeal approach. A 
number of clinical devices have been described15,1617. Vallancien et al." have described the treatment of superficial bladder 
tumours using such a 1 MHz device. They reported that 67% of patients (n=20) with primary tumours treated with FUS had 
no recurrence after a year. Of patients with recurrent tumours (n=10) only 33% had no recurrence at one year. The source 
used in this study employs a firing head with 16 transducers. Shots lasting 0.015 - 1 second were used, with intensities in 
excess of 10 kW cm" . 

Hynynen et al.l6 have shown a magnetic resonance (MR) image of a breast fibroadenoma following FUS treatment. The 
system used by this group employs a single spherical 1.5 MHz transducer (100mm diameter, 80 mm focal length) mounted in 
an MR scanner. Tumour targetting and treatment monitoring are carried out using MR imaging. Contrast agent studies have 
shown that treated tumours no longer take up the contrast medium. 

The clinical study that is the subject of this paper is a phase I toxicity and tolerance trial for the treatment of soft tissue 
tumours. It differs from all previous studies in that the patients are fully conscious during treatment and receive no analgesia. 
Tumour targetting is carried out using diagnostic ultrasound, and treatments are followed up using diagnostic ultrasound, MR 
imaging and clinical assessment. 
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2.   METHODS 

2.1        Ultrasonic exposures 

The FUS treatment was given using the clinical prototype device built at the Institute of Cancer Research. This has 
been described in detail elsewhere17 and is shown in Figure 2. Briefly, a 10 cm diameter PZT4 focussed bowl transducer 
with focal length IS cm operating at a frequency of 1.7 MHz is mounted on a gantry that is capable of movement in each of 
three orthogonal directions. The ultrasonic beam is coupled to the patient through a bag of degassed water. The tissue 
volume to be treated is identified using a 3.5 MHz imaging transducer which is mounted on the gantry in such a way that it 
has the same beam axis as the therapy transducer. Once the co-ordinates of the treatment volume have been established 
using this diagnostic system, the imaging probe is replaced by the therapy transducer, and the treatment of the pre- 
determined tissue volume carried out. During treatment, the patient's skin surface is inspected visually for signs of erythema. 

3£HE$IK» 

m^ u 

Figure 2. Photograph showing the clinical prototype device. 

Ex vivo tissue experiments have determined that an in situ spatial peak intensity (Isp") of 1490 W cm'2 gives a 
lesion in tissue that is predictable both in terms of shape and position. We have therefore termed this our "ablative intensity" 
(AI).  Transducer calibrations are carried out using a radiation pressure balance19 to determine total power, and a PVDF 
membrane hydrophone   to give acoustic pressure distributions. The full width half maximum of the pressure distribution in 
the ellipsoidal focal volume is found to be 18mm along the beam direction, and 2mm perpendicular to this axis. 

2.2       Clinical trial design 

Eligible patients had soft tissue tumours lying 4 - 12 cm below the skin surface which could be seen on diagnostic 
ultrasound. It was necessary to have a suitable acoustic window on the skin surface, no bone or gas overlying the tumour, 
and no more than 6 cm of solid tissue path between the skin surface and the target site. Thus, for example, prostate tumours 
lying 12 cm deep could be treated if there was a significant beam path through the urine filled bladder. All patients had 
distant metastases. All primary lesions had been confirmed on histology. Treated metastases had not always been biopsied. 
All patients were attending the Royal Marsden Hospital for treatment. 
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All FUS planning, treatments and monitoring could be given as outpatient procedures, without sedation or 
anaesthesia. After signing a consent form, patients were given an ultrasonic planning scan in the Radiology department. The 
trial is a classic phase I descriptive toxicity and dose escalation study with the aim of determining any acute or delayed 
toxicity resulting from FUS given in increasing doses to a level capable of damaging tumour cells, while avoiding normal 
tissue complications. 

The patient was asked to lie on a couch. Where necessary the skin area that would serve as the acoustic window 
was shaved. A bag containing degassed water was lowered on to the skin and was coupled to the surface using acoustic gel. 
The in situ intensity was increased from 0.25 AI through 0.5 AI, 0.63 AI, 0.8 AI to AI. 3 patients were exposed at each 
intensity level. Ablation was carried out as an array of individual FUS exposures, each lasting 1 second, with their centres 
separated by 2 mm. 60 seconds was left between exposures to allow for tissue cooling. The arrays varied from 4x4 (8mm x 
8mm x 15mm) to 6 x 6 (12mm x 12mm x 15mm). When organs subject to significant respiratory movement (e.g. liver) were 
treated, the patient was asked hold their breath at end expiration. This was found to give the best reproducibility of organ 
position. 

Patients were asked to fill in a questionnaire documenting pain and other symptoms before, immediately, one week 
and one month after treatment. Ablative effects in the target organ were monitored using diagnostic ultrasound. Patients 
receiving the 80-100% of the ablative dose were also offered an MR scan. 

This paper reports the preliminary results for 14 patients, 3 treated at each intensity up to 0.8 AI, and two treated at 
AI. 

3. RESULTS 

14 patients have been treated to date. Table 1 summarises details of these patients and their treatment. Tumours 
treated include 5 recurrences of prostatic adenocarcinoma, 6 liver metastases, 2 renal cell carcinomas and one metastasis to 
acetabulum from a bladder transitional cell carcinoma.. The average age of these patients was 67.6 years. Table 2 shows the 
treatment details. The average time taken to set up was 49.1 minutes. 

TABLE 1    Tumours treated 

No Sex Age 
(Yrs) 

Primary Tumour Tumour treated Dose 

1 M 84 Adenocarcinoma prostate Prostate 0.25 AI 
2 M 71 Renal cell carcinoma Kidney 0.25 AI 
3 M 72 Renal cell carcinoma Kidney 0.25 AI 
4 M 66 Renal cell carcinoma Liver 0.50 AI 
5 M 67 Adenocarcinoma prostate Prostate 0.50AI 
6 M 76 Adenocarcinoma prostate Prostate 0.50 AI 
7 M 59 Bladder TCC Hip bone 0.63 AI 
8 M 72 Adenocarcinoma prostate Prostate 0.63 AI 
9 M 62 Melanoma Liver 0.63 AI 
10 F 75 Breast Liver 0.80 AI 
11 F 53 Abdominal leiomyosarcoma Liver 0.80 AI 
12 M 75 Adenocarcinoma prostate Prostate 0.80 AI 
13 F 55 Melanoma Liver AI 
14 M 60 Rectal adenocarcinoma Liver AI 
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Table 3 details any side effects recorded and the patients' comments. No significant adverse effect has been 
recorded, and the treatment was well tolerated by all patients. Two patients reported a tingling sensation in their prostates 
during treatment. Patient #4 developed a liver cyst associated with a small amount of blood that was visible on the 1 week 
ultrasound scan, but was thought to be spontaneous in origin given the low ultrasound intensity to which this patient was 
exposed. Patient #9 developed an asymptomatic blister on the skin that resolved without causing problems. 

Patients 12 and 13 both showed cystic regions at the treatment site on the ultrasound scan 1 week after FUS 
treatment. Patient #12 agreed to an MR scan which also showed signs of damage at this site dynamic contrast agent uptake 
study showed a region of hypoechogenicity in the volume of the prostate that had been targetted. 

4.   DISCUSSION 

This trial represents the first reported study in which patients are treated with FUS without having received a general 
anaesthetic or any other form of sedation. This preliminary report shows that the procedure has been well tolerated, and that 
no significant normal tissue toxicity has been encountered. Patients who were experiencing bone pain found it slightly 
uncomfortable to lie still for an extended period, but this did not limit any treatment. In one patient, (#4), a small cyst with 
blood was observed in the liver one week after treatment, but this was thought to have arisen spontaneously. The intensity at 
the target in this case was half that known to induce damage in unperfused livers. It is possible that the tingling sensation 
experienced by 2 prostate patients may be due to some non-thermal interaction of the ultrasound beam with nerve endings. 
The first patient to report this, (#1), received a very low level of ultrasound exposure (0.25 AI). 

Patients 12 and 13 showed signs of tissue damage at the target site at the one week ultrasound scan. There was also 
an indication of target tissue damage on the MR scan of patient #12 at 2 weeks. 

This trial represents the first reported study in which patients are treated with FUS without having received a general 
anaesthetic or any other form of sedation. This preliminary report shows that the procedure has been well tolerated, and that 
no significant normal tissue toxicity has been encountered. Patients who were experiencing bone pain found it slightly 
uncomfortable to lie still for an extended period, but this did not limit any treatment. In one patient, (#4), a small cyst with 
blood was observed in the liver one week after treatment, but this was thought to have arisen spontaneously. The intensity at 
the target in this case was half that known to induce damage in unperfused livers. It is possible that the tingling sensation 
experienced by 2 prostate patients may be due to some non-thermal interaction of the ultrasound beam with nerve endings. 
The first patient to report this, (#1), received a very low level of ultrasound exposure (0.25 AI). 

Patients 12 and 13 showed signs of tissue damage at the target site at the one week ultrasound scan. There was also 
an indication of target tissue damage on the MR scan of patient # 12 at 2 weeks. 

All patients recruited for this study had distant metastases, with an ECOG performance status of 3 or less. They all 
had lesions that were visualisable on ultrasound and which lay 4 - 12 cm below the skin surface. Only a small part of the 
tumour volume was treated in this trial, and thus no attempt has been made at cure. FUS given in this way can only have a 
palliative effect in these patients. This has not been an endpoint of the study so far. 

This is an ongoing trial, for which this serves as a preliminary report of the findings. Further escalation of "dose" to 
patients is planned, first by increasing the time of each exposure at the Ablative Intensity (AI) to 2 and 3 seconds, and then 
by using 1.25 AI for 1 second. In this way, it should be possible to establish safe and effective exposures for these 
treatments. In all cases, it is expected that the limiting organ for safety will be the skin. 

5    CONCLUSIONS 

The technical requirements of FUS treatment have been adequately met, although there is much in the way of 
equipment development still possible. Preliminary results from this Phase I study show that the targetting and treatment of 
soft tissue tumours is possible, and that the procedure is well tolerated by conscious patients. 
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TABLE 2    Treatment parameters 

No. Tumour 
treated 

Dose Focal 
depth 
(cm) 

Tissue 
Path 
(cm) 

ISP 
(water) 

(W cm-2) 

ISP 
(target) 

(W cm"2) 

Setup 
time 

(mins) 

Treatment 
time 

(mins) 

No. of 
exposures 

1 Prostate 0.25 AI 10.0 5.2 1490 372.5 50 30 4x4 
2 Kidney 0.25 AI 4.0 4.0 960 372.5 38 32 4x4 
3 Kidney 0.25 AI 4.0 4.0 600 372.5 30 29 5x3 
4 Liver 0.50 AI 9.5 9.5 5700 745.0 - - 4x4 
5 Prostate 0.50 AI 10.5 5.5 3030 745.0 50 30 4x4 
6 Prostate 0.50 AI 11.0 7.5 3430 745.0 50 25 4x4 
7 Hip bone 0.63 AI 7.0 7.0 3430 940.0 33 30 5x5 
8 Prostate 0.63 AI 11.0 5.5 3430 940.0 60 45 5x6 
9 Liver 0.63 AI 4.0 4.0 2500 940.0 40 45 6x6 
10 Liver 0.80 AI 5.0 5.0 3030 1220.0 65 - 6x6 
11 Liver 0.80 AI 6.0 6.0 4200 1220.0 45 40 6x5 
12 Prostate 0.80 AI 12.0 5.0 3430 1220.0 60 35 5x5 
13 Liver AI 5.0 5.0 4200 1490.0 50 40 6x6 
14 Liver AI 5.0 5.0 4200 1490.0 70 40 5x6 
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TABLE 3    Toxicity results 

No Tumour 
treated 

ISP 
(target) 
Wem"2 

Side effects / Patient comments 

1 Prostate 372.5 During treatment: slight tingling in prostate 
After treatment: micturition improved (subjective) 

2 Kidney 372.5 None 
3 Kidney 372.5 One week post-treatment - moderate local pain 
4 Liver 745 One week post-treatment -bout of moderate pain 

Cyst observed with some blood 
5 Prostate 745 None 
6 Prostate 745 None 
7 Hip Bone 940 Deceased before one week assessment 
8 Prostate 940 None 
9 Liver 940 Asymptomatic blister on skin for 5 days 
10 Liver 1220 None 
11 Liver 1220 None 
12 Prostate 1220 Tingling in prostate, sensation of warmth on skin 

Micturation improved with reduced nocrural 
frequency (subjective) 

13 Liver 1490 None 
14 Liver 1490 None 

275 



7. REFERENCES 

1. G.R. ter Haar, "Ultrasound Focal Beam Intensity", Ultrasound in Med <£ Biol 21, pp 1089-1100, 1995. 
2. J.G. Lynn, R.L.Zwemmer, A J. Chick, A.F. Miller, "A new method for the generation and use of focused ultrasound 

in experimental biology", J. Gen. Physiol. 26, pp 179-193, 1942. 
3. W.J. Fry, J.W. Barnard, F.J. Fr selective lesions in the central nervous system y, J.F. Brennan, "Ultrasonically 

produced localised selective lesions in the central nervous system", Am. J. Phys. Med. 34, pp 413-423, 1955. 
4. R. Meyers, F.J. Fry, W.J. Fry, R.C. Eggleton, D.F. Schultz, " Determination of topological hunman brain 

representations ans modifications of signs and symptoms of some neurological disorders by the use of high level 
ultrasound", Neurology 10, pp 271-277,1960. 

5. W.J. Fry & F.J. Fry, "Fundamental neurological research and human neurosurgery using intense ultrasound", IRE 
Trans. Med. Electron. ME-7, pp 166-181,1960. 

6. DJ.Coleman, F.L. Lizzi, J. Driller et al., "Therapeutic ultrasound in the treatment of glaucoma II. Clinical 
applications", Ophthalmology 92, pp 347-353, 1985. 

7. L.R. Rosecan, T. Iwamoto., A Rosado, et al, "Therapeutic ultrasound in the treatment of retinal detachment : 
clinical observation and light and electron microscopy", Retina 5, pp 115-122, 1985. 

8. R.H. Silverman, B. Vogelsang, M.J. Rondeau, D.J. Coleman, " Therapeutic ultrasound for the treatment of 
glaucoma", Am. J. OphthalmoL, 111, pp 327-337,1991. 

9. R. Bihrle, R.S. Foster, N.T. Sanghvi, J.P. Donohue, PJ. Hood, "High intensity focused ultrasound for the treatment 
of benign prostatic hyperplasia : early United States clinical experience" J. Urol. 151, pp 1271-1275, 1994. 

10. A. Gelet, J.Y. Chapelon, J. Margonari et al, "High intensity focused ultrasound experimentation on human benign 
prostatic hypertrophy", Eur. Urol., 23(SuppL 1), pp44-47,1993. 

11. E.D. Mulligan, T.H. Lynch, D. Mulvin, J.M. Greene, J.M. Smith, J.M. Fitzpatrick, "High intensity focused 
ultrasound in the treatment of benign prostatic hyperplasia", Brit. J. Urol. 79, pp 177-180,1997. 

12. S. Madersbacher, C. Kratzik, M. Susani, M. Marberger, " Tissue ablation in benign prostatic hyperplasia with high 
intensity focused ultrasound", J. Urol 152, pp 1956-1961,1994. 

13. S. Madersbacher, M. Pedevilla, L. Vingers et al, "Effect of high intensity focused ultrasound on human prostate 
cancer in vivo". Cancer Research 55, pp 3346-3351, 1995. 

14. A. Gelet, J.Y. Chapelon, R. Bouvier et al, 'Treatment of prostate cancer with transrectal focused ultrasound : early 
clinical experience", Eur. Urol. 29, pp 174-183, 1996. 

15. G. Vallancien, M. Harouni, B. Guillonneau et al, "Ablation of superficial bladder tumours with focused 
extracorporeal pyrotherapy", Urology 47, pp 204-207. 1996. 

16. K. Hynynen, W.R. Freund, H.E. Cline et al, "A clinical, noninvasive, MR imaging-monitored ultrasound surgery 
method", Radiographics 16, pp 185-195,1996. 

17. G.R. ter Haar, R.L. Clarke, M. Vaughan, C.R. Hill, 'Trackless surgery using focused ultrasound : technique and 
case report", Minimal. Invas. Ther. 1, pp 13-19,1991. 

18. RAWatkin, G.R. ter Haar, I. Rivens, , "The intensity dependence of the site of maximum energy deposition in 
focused ultrasound surgery" Ultrasound in Med. & Biol 22, pp 483-491,1996. 

19. C.R. Hill, "Calibration of ultrasonic beams for biomedical applications", Phys. Med. Biol. 15, pp 241-248, 1970 
20. R.C. Preston, D. Bacon, A.J. Livett, K. Rajendran, "PVdF membrane hydrophone performance properties and their 

relevance to the measurement of acoustic output of medical ultrasonic equipment", J. Phys. E. Sei. Instrument. 16, 
pp 786-796, 1983. 

276 



Addendum 

The following papers were announced for publication in this proceedings but have been 
withdrawn or are unavailable. 

[3249-01 ] Ultrasound technology for interstitial and intracavitary thermal therapy: 
a review 
C. J. Diederich, Univ. of California/San Francisco 

[3249-11] Clinical laser therapy on injury of skull by intravascular irradiation He-Ne 
laser: results analysis 
Y. Zhang, Y. Gao, S. Liu, C. Liao, South China Normal Univ. 

[3249-21 ] Issues in developing and validating computational models of electromagnetic 
heating of tissues 
K. D. Paulsen, Dartmouth College 

[3249-25] Ultrasound-guided interstitial high-frequency thermotherapy (HFTT) of liver 
metastases/tumors 
W. Müller, Berchtold Medizin-Elektronik GmbH & Co. (FRG) 
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